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ABSTRACT OF THE DISSERTATION 
Abstract of the Dissertation 
Development of Nanofiber Scaffolds with Controllable Structure  
and Mineral Content for Tendon-to-Bone Repair 
by 
Justin Herrold Lipner 
Doctor of Philosophy in Biomedical Engineering 
Washington University in St. Louis, 2015 
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Rotator cuff tears are common and lead to significant pain and disability. Effective repair of torn 
rotator cuff tendons requires healing of tendon to bone. Unfortunately, healing does not 
reproduce the structural and compositional features of the natural tendon-to-bone bone 
attachment that are necessary for effective load transfer, and surgical repairs often rupture. 
Recent efforts for improving tendon-to-bone healing have focused on tissue engineering 
approaches. Scaffolds, cells, and/or growth factors are implanted at the repair site to guide the 
healing process and improve outcomes. To that end, a polymer-mineral tissue engineered 
scaffold was developed for this thesis which mimics two of the primary features of the tendon-
to-bone insertion: aligned nanofibers and hydroxyapatite mineral crystals. The nanofibrous 
component was created by electrospinning poly lactic-co-glycolic acid to create non-woven 
mats. The bone-like mineral was then deposited onto the nanofibers using mineralizing solutions. 
 xvi 
 
The structure (alignment and crimp microstructure) and composition (mineral content and 
morphology) of the scaffolds were modulated to understand their influence on scaffold 
mechanics. Experimental and modeling results demonstrated that: (1) the orientation distribution 
of the nanofibers was a major determinant of modulus, strength, and anisotropy, (2) crimp 
microstructure was a major determinant of low strain non-linear mechanical behavior, (3) 
mineral content positively correlated with modulus and strength and negatively correlated with 
toughness, (4) mineral morphology was a significant determinant of its stiffening effect, and (5) 
scaffold-level stiffening by mineral was due to mineral cross-bridges between nanofibers, not 
due to stiffening of individual nanofibers. Scaffolds were tested in a rotator cuff tendon-to-bone 
animal model in an effort to improve healing, but were found to be ineffective; the scar-mediated 
wound healing response dominated over any effects from the scaffold. In summary, a number of 
mechanisms driving nanofiber mechanics were defined, but further study is needed to effectively 
apply these scaffolds in the setting of tendon-to-bone repair.  
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Chapter 1: Background and Introduction 
 
1.1  Background 
1.1.1  Rotator Cuff Anatomy and Injury 
The rotator cuff is a set of muscles that provide stability and motion to the gleno-humeral joint, 
and includes four muscles that surround the humeral head: the supraspinatus, infraspinatus, teres 
minor, and subscapularis (Figure 1.1). The shoulder joint is inherently unstable due to the 
shallow depth of the glenoid fossa relative to the spherical humeral head. The rotator cuff 
muscles provide dynamic stabilization of the shoulder to maintain its position in the center of its 
articular surface. Due to this arrangement, any disruption to these muscles can lead to instability, 
loss of function and arthritis (Culham & Peat, 1993). 
 
Figure 1.1: The rotator cuff, as viewed from the side (i.e., the lateral view). Tendons are shown in white, muscles in 
red, and bones in tan. The rotator cuff tendons (TM: teres minor, I: infraspinatus, S: supraspinatus, and SS: 
subscapularis) wrap around the spherical humeral head (H). (B: biceps tendon, A: acromion, C: coracoid; figure 
adapted from (Y Liu, Thomopoulos, Birman, Li, & Genin, 2012)). 
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Rotator cuff tears are common, particularly in the aging population, and lead to significant lost 
productivity, pain, and disability. In the United States, approximately 600,000 patients require 
rotator cuff-related surgery each year (Pedowitz et al., 2011). Unfortunately, a large number of 
surgical repairs fail, even in the young and healthy patient population (Cole et al., 2007). The 
primary reason for these failures is the incomplete healing process of tendon to bone that does 
not regenerate the original tissue and is characterized by bone loss and scar formation (Leesa M. 
Galatz et al., 2006). At the healthy tendon-to-bone insertion, a number of structural and 
compositional features combine to produce a strong and tough attachment, including well 
aligned collagen fibers inserting into bone and a gradient in mineral content (Schwartz, Pasteris, 
Genin, Daulton, & Thomopoulos, 2012; Silva et al., 2006). At the healing interface, a lack of 
graded mineral content and poorly organized collagen fibers result in a mechanically weak 
attachment (Leesa M. Galatz, Ball, Teefey, Middleton, & Yamaguchi, 2004; Harryman et al., 
1991). Successful repair of tendon to bone will require recreation of: (1) aligned collagen fibers / 
mechanical anisotropy, (2) a spatial gradient in mineral form tendon to bone, (3) mechanical 
property gradient from tendon (~400 MPa modulus) to bone (~20 GPa modulus) (Maganaris & 
Paul, 1999; Reilly, Burstein, & Frankel, 1974). 
1.1.2  Failure of Existing Scaffold Approaches 
In an attempt to improve the healing of the tendon-to-bone insertion after surgery, multiple 
scaffold approaches, both natural and synthetic, have been developed and tested, both in vitro 
and in vivo. Derwin et al. performed a laboratory study examining the mechanical characteristics 
of commercially available extracellular matrix- (ECM) derived products (Derwin, Baker, Spragg, 
Leigh, & Iannotti, 2006). They analyzed the mechanical, chemical and biological properties of 
multiple production lots of these scaffolds. Mechanical testing showed that all materials had non-
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linear (toe) regions, picking up stress at 10-30% strain. At higher strains, the scaffolds showed 
linear behavior, attaining maximum moduli at 30-80% strain. However, the highest moduli 
achieved were an order of magnitude (or more) below the modulus of the canine infraspinatus 
tendon. Therefore, these materials were deemed insufficiently stiff and strong and inappropriate 
for replacing the function of the rotator cuff tendons. Examination of these scaffolds in 
preclinical and clinical results did not support their further use (Derwin, Badylak, Steinmann, & 
Iannotti, 2010). A review of these approaches found that “[d]espite the growing clinical use of 
scaffold devices for rotator cuff repair, there are numerous questions related to their indication, 
surgical application, safety, mechanism of action and efficacy that remain to be clarified or 
addressed.”  
The three most popular ECM-based scaffolds, Restore®, GraftJacket® and Zimmer Collagen 
Repair™ have been tested clinically. Restore® is a scaffold derived from porcine small intestinal 
submucosa, and has been examined in a number of studies. In a two-year follow-up study with 
12 patients, it was found that shoulder function improved after surgery, and that no local or 
systemic rejection was present (Metcalf, Savoie Iii, & Kellum, 2002). However, there was no 
control group in this study to compare against, so no conclusions can be drawn about the effect 
of the Restore® patch relative to natural healing. Sclamberg et al. showed that 10 out of 11 
repairs with this patch failed post-operatively (Sclamberg, Tibone, Itamura, & Kasraeian, 2004). 
Iannotti et al. conducted a randomized, controlled trial with massive two-tendon cuff tears using 
Restore® as well as control surgeries (Iannotti et al., 2006). The study found that the non-
augmented (without Restore®) group had a 7% lower chance of healing than the augmented 
group, as well as significantly higher Penn scores. In response to the scaffold, however, three of 
the fifteen samples had inflammatory reactions, and four out of ten later follow-ups had severe 
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local inflammatory reactions. Even two years after surgery, some patients with Restore®-
augmented repairs had persistent complications (edema, swelling, pain and increased skin 
temperature) and no additional benefits. Zheng et al. hypothesized that the adverse reactions 
were due to residual portions of cellular material from the porcine donor (Zheng et al., 2005). 
Derwin et al. concluded that Restore® contains significant porcine DNA, suggesting that it could 
be immunogenic (Derwin, et al., 2006). The example of Restore® demonstrates that, even 
though initial reports sometimes imply success, more rigorous examination can reveal 
unanticipated issues with efficacy and graft reaction. 
GraftJacket® is a scaffold for rotator cuff tissue engineering derived from human dermis tissue, 
and has been investigated in numerous studies. Dopirak et al. performed a 16 patient study using 
GraftJacket® as an interpositional graft material, and found that the UCLA shoulder score 
improved after repair (Dopirak, Bond, & Snyder, 2007). However, the lack of a control group 
precluded any conclusions about efficacy. Nevertheless, the study indicated that the graft was 
well-tolerated and did not cause adverse reactions. Burkhead et al. conducted a follow-up study 
on patients with GraftJacket®-enhanced rotator cuff repairs (Burkhead Jr, Schiffern, & Krishnan, 
2007). UCLA scores were improved compared to pre-operative scores. Patients lacked any 
obvious signs of infection, inflammatory reactions, or other complications. Bond et al. used 
GraftJacket® interpositionally, and again showed that UCLA scores improved with surgery 
(Bond, Dopirak, Higgins, Burns, & Snyder, 2008). As with the other two studies, a subset of 
patients had recurrent tears, but the authors noted no complications related to the scaffold. 
Although this scaffold appears to be well-tolerated, there remain no randomized controlled 
studies to date that evaluate its efficacy.  
 5 
 
The track record of GraftJacket® studies demonstrates that scaffolds can fulfill different roles in 
the healing tendon-to-bone insertion, and must be designed for a specific role in order to have the 
biggest impact. Surgically, when the tendon cannot be fully re-approximated back to the bone, a 
gap remains, and one goal of these scaffolds is to fill that gap, allow for a successful repair, and 
permit ingrowth to gradually replace the scaffold. However, when positioned this way, the 
tendon and the scaffold are mechanically in series, and the scaffolds have been shown to be far 
less stiff, with far higher strain, than native tissues. This mechanical mismatch provides a source 
of mechanical weakness that could lead to failure. Thus, the surgical technique must account for 
this to prevent recurrent tears from developing before the biological response replaces the 
implanted scaffold. When interposed between tendon and bone, the ability of the scaffold to 
allow new ECM to replace it is crucial, whereas a parallel arrangement can be used to augment 
the biological response in the adjacent healing insertion. When considering the parallel scaffold 
position, its biological effects on nearby tissues are of the most importance, rather than its 
mechanical properties. For this reason, the size and repairability of the tendon injury is an 
important consideration when choosing the type of surgical procedure and a particular scaffold 
for augmentation. Furthermore, the development of non-reactive and mechanically competent 
scaffolds is critical for improving tendon-to-bone healing after rotator cuff repair. 
1.1.3  Tissue Engineering Solutions 
Given the mixed clinical record of ECM-based scaffolds, increased interest has been focused on 
synthetic, biocompatible scaffolds. Synthetic scaffolds have the potential to provide a level of 
control over material microstructure, chemistry, and biocompatibility that would be impossible 
with natural ECM materials. A number of commercial synthetic products are available, as 
reviewed in Chen et al. (J. Chen, Xu, Wang, & Zheng, 2009). These scaffolds have a decades-
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long history in tendon and ligament repair, starting with the Gore-Tex Cruciate Ligament 
Prosthesis in 1986. These early attempts to replace, rather than augment, the injured tissue led to 
good short-term results but catastrophic failure in the long term. The factors leading to failure 
included material degradation, synovitis, a lack of tissue ingrowth, foreign body reactions, and 
mechanical failure (J. Chen, et al., 2009). 
Modern scaffolds have achieved better biocompatibility and seek to be remodeled by the native 
cells over time. The Leeds-Keio graft, a polyester scaffold, has a stiffness similar to that of 
natural tendons and ligaments, and has been tried in a wide variety of operations to mechanically 
augment repaired tendons (Akali & Niranjan, 2008; Fujishiro et al., 2003; Jones, Sidhom, & 
Sefton, 2007; Sugihara et al., 2006). In one study, it was used to re-attach a rotator cuff tear after 
a tendon relocation, and led to no adverse effects, but did not improve the repair substantially 
(Tanaka, Sakahashi, Hirose, Ishima, & Ishii, 2006).  Artelon® is a polyurethane-based scaffold 
used for tendon and ligament reconstruction a variety of settings (Gisselfalt, Edberg, & Flodin, 
2002; Liljensten et al., 2002; Zhaeentan & Hagert, 2011). It appears to degrade slowly and 
predictably, maintaining substantial mechanical strength during this process, and could be a 
viable option for tendon augmentation (Gisselfalt, et al., 2002).  
Stratified scaffolds, developed for interpositional use, mimic the stacked structure of the 
ligament-to-bone attachment and have been developed for tissue engineering applications (Lu, 
El-Amin, Scott, & Laurencin, 2003; Kristen L. Moffat, Wang, Rodeo, & Lu, 2009; Spalazzi, 
Doty, Moffat, Levine, & Lu, 2006). These scaffolds combine multiple materials into a single 
structure to replicate the native tissue’s mechanical and biological properties (illustrated in 
Figure 1.2). 
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Figure 1.2: A stratified (layered) design for ligament-to-bone tissue engineering is shown. (A) The native ACL-bone 
interface exhibits a transition between the tissues across mineralized fibrocartilage. (Neonatal Bovine, Modified 
Goldner Masson Trichrome Stain, bar = 200 μm). (B) Fourier transform infrared spectroscopic imaging or revealed 
that relative collagen content was highest in the ligament and bone regions, with a decrease in collagen across the 
fibrocartilage interface from ligament to bone (neonatal bovine, bar = 250 μm, with blue to red representing low to 
high collagen content, respectively). (C) A tri-phasic stratified scaffold was designed to mimic the interface regions 
of the natural attachment (bar = 500 μm). (D) In vitro co-culture of fibroblasts and osteoblasts on the tri-phasic 
scaffold resulted in phase-specific cell distribution and the formation of controlled matrix heterogeneity. Fibroblasts 
(Calcein AM, green) were localized in Phase A and osteoblasts (CM-DiI, red) in Phase C over time. Both 
osteoblasts and fibroblasts migrated into Phase B by day 28 (bar = 200 μm). (E) In vivo evaluation of the tri-phasic 
scaffold tri-cultured with fibroblasts (Phase A), chondrocytes (Phase B), and osteoblasts (Phase C) revealed 
abundant host tissue infiltration and matrix production (week 4, Modified Goldner Masson Trichrome Stain, bar = 
500 μm).  Reprinted from Clinics in Sports Medicine, 28(1), Moffat et al., Orthopaedic Interface Tissue Engineering 
for the Biological Fixation of Soft Tissue Grafts. 157-176,  Copyright 2009, with permission from Elsevier. 
 
In Spalazzi et al., for example, the scaffold had three layers with custom compositions:  (A) 
sintered sheets of poly lactic-glycolic (10:90) acid (mimicking the ligament), (B) sintered 
microspheres of poly lactic-glycolic (85:15) acid (PLGA) (mimicking the fibrocartilage) and (C) 
sintered 4:1 PLGA:45S5 bioactive glass microspheres (mimicking the bone). This led to a porous 
but interconnected structure that mimicked aspects of the ligament-to-bone insertion, while 
incorporating biocompatible polymers and bio-active glasses (Spalazzi, et al., 2006). Although 
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these scaffolds recreated some features of the natural attachment, their mechanical properties, 
especially in tension and shear may not be sufficient load transfer between tendon and bone. 
Harley et al. developed a multiphase collagen-glycosaminoglycan (GAG) scaffold with a porous 
structure (Harley et al., 2010). These scaffolds had controllable pore size and were cross-linked 
to modify their mechanical properties (Harley, Leung, Silva, & Gibson, 2007; Fergal J. O’Brien, 
Harley, Yannas, & Gibson, 2004). This allowed for control of both structure and function, and 
the effects of its morphology on cells was investigated as well (F. J. O’Brien, Harley, Yannas, & 
Gibson, 2005). However, due to the attraction between polar water molecules and the GAGs in 
these scaffolds, as well as their relatively low solid fractions, their mechanical stiffness values 
were in the kilopascal range when hydrated (Harley, et al., 2010). Further work is needed to 
make these scaffolds stiffer, as the current values remain below those of cartilage (Kristen L. 
Moffat et al., 2008). 
1.1.4  Electrospinning Approaches for Fibrous Scaffolds 
Recently, electrospinning has been rediscovered as an efficient and straightforward method to 
produce fibrous scaffolds from polymer solutions (Formhals, 1934; D. Li & Xia, 2004). Briefly, 
polymer and volatile solvent solutions are forced through a blunt-tipped needle towards a 
collecting surface. Simultaneously, a high voltage is applied between the needle and a collector, 
causing electrons to build up on the surface of the solution adjacent to the needle. This leads to a 
phenomenon known as a Taylor Cone, which draws the solution into a fine point and then 
spreads into several small strands (D. Li & Xia, 2004). These strands are then pushed towards 
the collector with opposite (positive) charge at high speed, and their high surface-to-volume ratio 
leads to solvent evaporation, leaving only the dry polymer behind. The fibers deposit in a pattern 
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determined by the electric field induced by the collector design and electrode placement. By 
controlling these factors, a wide variety of arrangements of fiber arrays can be formed, and Teo 
et al. have written a detailed and well-illustrated review on the wide variety of collector designs 
(Teo & Ramakrishna, 2006). Rotating mandrils can be used to create aligned arrays of fibers 
with controllable orientation distributions related to mandril rotation speed (Figure 1.3). Fibers 
deposited can be modified in a variety of ways: composition, mixture of polymers, co-axial 
fibers, size, core-shell, and morphology (D. Li & Xia, 2004; J. Li, Yuan, He, & Mak, 2008). 
 
Figure 1.3: A schematic of mandril electrospinning, along with a description of its strengths and weaknesses 
(Adapted from (Teo & Ramakrishna, 2006)). 
One of the most commonly electrospun polymers is poly lactic-co-glycolic acid (PLGA). PLGA 
has specific characteristics which make it suitable for tissue engineering applications: 
controllable biodegradability, good biocompatibility, and high tensile mechanical properties 
(Anderson & Shive, 2012; Kolluru et al., 2013; Makadia & Siegel, 2011). It has been approved 
by the FDA for medical devices. A large number of surface modifications and coatings have 
been developed to functionalize fibrous PLGA scaffolds (Buczynska, Pamula, & Blazewicz, 
2011; Croll, O'Connor, Stevens, & Cooper-White, 2004; X. Li et al., 2009; W. Liu et al., 2015; 
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Wenying Liu et al., 2011). Based on these features, PLGA was chosen as the material for the 
fibrous scaffolds developed for this thesis for tendon-to-bone tissue engineering. 
Electrospun scaffolds can be controlled in a variety of powerful and biologically-relevant ways, 
making them an attractive choice for tissue engineering applications, especially for tensile 
tissues. Using various collector designs and electrospinning parameters (e.g., voltage, flow rate, 
polymer concentration), nanofiber orientation distributions can be controlled. These effects are 
explored in Chapters 2 and 4 of this thesis and in previous publications (B. M. Baker, Nerurkar, 
Burdick, Elliott, & Mauck, 2009; Lipner et al., 2014; Mauck et al., 2009; Nerurkar, Elliott, & 
Mauck, 2007; Teo & Ramakrishna, 2006; Xie et al., 2010). Although many features of nanofiber 
scaffolds are controllable, we previously demonstrated that, even within a single scaffold, the 
fiber dimensions and cross-sectional geometries can vary significantly (Kolluru, et al., 2013). 
Both the fiber dimensions and the cross-sectional shape are important determinants of fiber 
mechanics. 
1.1.5  Mechanics of Fibrous Scaffolds 
The previously described stratified scaffolds were designed to be interposed between the 
tendon/ligament and the bone, and would therefore be held in place by compression from the 
overlying tendon/ligament. For scaffolds placed as patches over the repair site or filing a gap 
between a tendon/ligament and bone, strong and stiff tensile properties are required. Fibrous 
scaffolds are attractive for these applications due to their rope-like mechanical behavior, 
including high tensile strength and stiffness. To achieve such a structure, electrospun nanofibrous 
scaffolds are preferable to foam and microsphere-based scaffold, and have high potential for use 
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as tendon, ligament, and annulus fibrosis replacement (Laurencin & Freeman, 2005; W. Liu, 
Thomopoulos, & Xia, 2012; Nerurkar et al., 2009).  
The mechanical behavior of fibrous structures was studied long before tissue engineered 
scaffolds for various commercial products, including paper, fabric, and plastic (Busse, Lessig, 
Loughborough, & Larrick, 1942; Horio & Onogi, 1951). Busse et al. described mechanical 
testing of a variety of fiber cords (rayon, cotton, nylon) under fatigue loading, demonstrating a 
number of conclusions about the small-scale mechanics of the fibers. For example, cotton was 
found to have a more variable fatigue life than synthetic fibers, and its fatigue life was also more 
sensitive to load (Busse, et al., 1942). Horio tested the mechanical properties of 20 paper-based 
materials, and tested the angular dependence of the modulus (Horio & Onogi, 1951), similar to 
the approach used in Chapter 2. These results are at the large micro scale, and give valuable 
insights about the way that fiber properties lead to scaffold properties. 
 
Figure 1.4: Angular dependence of the modulus of paper, where θ is the angle from the machine direction and E is 
the modulus Reprinted with permission from Horio, M., & Onogi, S. (1951). Dynamic Measurements of Physical 
Properties of Pulp and Paper by Audiofrequency Sound. Journal of Applied Physics, 22(7), 971-977. Copyright 
1951, AIP Publishing LLC.  
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As will be explored in Chapters 2 through 4, the mechanics of these scaffolds can in fact 
approximate those of the tissues they are designed for, and can be designed to also mimic the 
biological environment present in the native tissues (Lipner, et al., 2014). Baker et al. 
demonstrated a customizable and powerful platform for developing fibrous, scaffolds composed 
of up to three different polymer types, combining sacrificial fibers, strong fibers, and ductile 
fibers in the same scaffold (B. M. Baker, et al., 2009). These approaches allow researchers to 
develop scaffolds which combine the strengths of multiple fiber types to customize the scaffold 
for its particular application. Further work with electrospun scaffolds showed that they can be 
designed to have anisotropy similar to that of the annulus fibrosis in the intervertebral disc, and 
presumably tendon and the tendon-to-bone attachment as well (Nerurkar, et al., 2007).  
1.1.6 Biomineralization 
While electrospun PLGA scaffolds can mimic the structure and function of many 
musculoskeletal tissues, the complexity of the tendon-to-bone insertion requires the formation of 
a functionally graded scaffold (Guy M. Genin et al., 2009; Schwartz, et al., 2012). The most 
prominent difference between tendon and bone is the mineral content, which serves to stiffen the 
collagen matrix (Currey, 2001; Guy M. Genin, et al., 2009; Maganaris & Paul, 1999; Schwartz, 
et al., 2012). In an effort to mimic this compositional feature and stiffen the scaffold (as well as 
provide a biological cue to cells), mineralizing solutions have been developed to deposit bone-
like mineral on a wide variety of materials (Kokubo, Kim, Kawashita, & Nakamura, 2004; 
Leonor et al., 2008; X. Li, et al., 2009; X. Li, Xie, Yuan, & Xia, 2008; Lipner, et al., 2014; W. 
Liu, et al., 2015; Tanahashi et al., 1994; Tas & Bhaduri, 2004). The original formulation of so-
called “simulated body fluid” solutions was a fluid with the same composition as blood serum, 
and when left in a container, was found to deposit nanocrystals of hydroxyapatite (Y. Abe, 
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Kokubo, & Yamamuro, 1990). This solution deposited mineral very slowly (on the order of 
days), so researchers increased the concentration to accelerate deposition, while still maintaining 
the mineral character (Bharati, Sinha, & Basu, 2005; Oyane et al., 2003; Tas & Bhaduri, 2004). 
A variety of concentrations have been tried, but for this thesis, a ten times simulated body fluid 
solution developed by Tas and Bhaduri (Tas & Bhaduri, 2004) was used because it deposits 
bone-like mineral at a high rate. Mineral deposited by this method has a nanocrystalline 
appearance and has been identified by X-ray diffraction to be similar to mineral found in bone 
(Figure 1.5) (X. Li, et al., 2008). 
 
Figure 1.5: Scanning electron microscopy (SEM) Images of coatings deposited by simulated by body fluids are 
shown. Surface of Ti6Al4V strip after soaking in 10SBF at room temperature for (A) 1 h, (B) 2 h, or (C) 6 h. (D) 
High magnification of sample soaked for 6 h. (E) Low magnification of sample soaked for 6 h. (F) Surface of 
Ti6Al4V strip coated in 1.5xSBF for 2 weeks at 37 °C. (Adapted from (Tas & Bhaduri, 2004)) 
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The mineral deposited by these solutions has been found to be biocompatible and capable of 
inducing cellular changes towards a bone-related phenotype (Yun Chen, Mak, Wang, Li, & 
Wong, 2006; W. Liu et al., 2014).  
1.2  Scope and Procedure of the Dissertation 
This thesis includes four aims that seek to understand nanofiber polymer scaffold mechanical 
behavior and in vivo use. Nanofiber PLGA scaffolds were fabricated using electrospinning and 
mineralized. These scaffolds were examined to determine the mechanisms by which fiber 
orientation distributions and mineral content controlled scaffold mechanics. Finally, scaffolds 
were tested in a rat rotator cuff model to examine their potential to improve tendon-to-bone 
healing. 
1.3  Specific Aims 
Aim 1:   
Determine the role of nanofiber structure (i.e., orientation and crimp) on scaffold mechanical 
properties. 
Hypotheses: 
(1) The modulus and strength of nanofiber scaffolds will depend on the orientation distribution 
of the nanofibers and the direction of tensile testing. 
(2) The low strain non-linear (toe) behavior will depend on the crimp microstructure of the 
nanofibers. 
Anticipated results:   
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Scaffold modulus, strength, and anisotropy will increase with increased nanofiber alignment. The 
stiffness of the scaffold will be highest in the longitudinal direction (i.e., in the direction of 
nanofiber alignment) and lowest in the transverse direction (i.e., perpendicular to the direction of 
nanofiber alignment). Increased crimp frequency and amplitude will lead to a longer toe region 
and higher strain tolerance. 
Study Design:  
PLGA nanofiber scaffolds will be electrospun with various degrees of alignment and crimp. 
Scaffolds will be imaged using SEM and mechanically tested in multiple directions. 
 
Aim 2:  
Determine the role of mineral content and morphology on the mechanics of nanofiber scaffolds. 
Hypotheses:   
(1) The nanofiber scaffold modulus will correlate positively with mineral content. 
(2) The stiffening effect of mineral on nanofiber scaffolds will depend on the size, shape, and 
density of mineral crystals. 
Anticipated results:   
Mineral will stiffen nanofiber scaffolds after achieving a percolated network. The stiffening 
effect will be more potent for mineral crystals that are smaller and more densely packed on the 
surface of the nanofibers.  
Study Design:  
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Aligned PLGA nanofiber scaffolds will be electrospun and mineralized using simulated two 
body fluid solutions. Variations in mineralizing solutions will produce mineral with different 
morphologies on the nanofibers. Mineralization will be applied homogenously and in a spatially 
graded fashion. The scaffolds will be imaged using SEM and mineral content will be quantified 
using energy dispersive x-ray. Scaffolds with spatial gradients in mineral will be mechanically 
tested in tension and local strain patterns will be determined. 
 
Aim 3:   
Define the mechanism(s) by which mineral stiffens nanofiber scaffolds. 
Hypothesis:   
Scaffold-level stiffening by mineral is due to increased mineral cross-bridges between adjacent 
nanofibers, not due to stiffening of individual nanofibers. 
Anticipated results:  
Mineralization will lead to increased modulus and strength in all directions, with the transverse 
direction most strongly affected. Adhesion fracture energy of mineral cross-bridges between 
nanofibers will increase with increased mineralization. 
Study Design:  
Aligned PLGA nanofiber scaffolds with and without mineral will be electrospun. Two 
experiments will be performed to test the hypothesis: (1) Test strips at various angles (0, 15, 30, 
45, and 90 degrees from the fiber direction) will be cut and mechanically tested in tension. The 
effects of testing angle and mineralization will be analyzed. (2) Two scaffolds will be layered 
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and then mineralized. One sample will be peeled from the other, measuring the angle and force, 
and fracture energy will be determined using the Kendall model. 
 
Aim 4:   
Determine the efficacy of nanofiber-based scaffolds for improving tendon-to-bone healing. 
Hypothesis:   
An aligned nanofiber scaffold with a gradient in mineral and mesenchymal stromal cells 
transduced with the osteogenic factor BMP-2 will enhance tendon-to-bone healing. 
Anticipated results:   
Aligned nanofibers will promote aligned deposition of collagen fibers by local fibroblasts. The 
gradient in mineral on the scaffold will promote a gradient of osteogenesis and a gradient in 
deposition of new bone. Adipose derived stromal cells will improve healing via differentiation 
into tendon fibroblasts (on unmineralized portions of the scaffold) and osteoblasts (on the 
mineralized portions of the scaffold). BMP-2 will promote osteogenesis and mitigate the bone 
loss seen at the tendon attachment during tendon-to-bone healing. 
Study Design:  
Rats will have bilateral tenotomy and repair of their supraspinatus tendons and nanofiber 
scaffolds will be applied over the repair sites. The scaffolds will have three layers of alternating 
aligned electrospun PLGA with two layers of fibrin hydrogel. In some groups, adipose derived 
mesenchymal stromal cells will be included in the scaffold, either naive or transduced with 
BMP-2. Four groups will be examined: suture only, acellular scaffold, cellular scaffold, and 
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cellular BMP2 scaffold. Histology, bone and tendon morphometry, and repair biomechanics will 
be examined at 14, 28, and 56 days after surgery.  
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Chapter 2: Structural contributions to the 
mechanics of nanofiber polymer scaffolds  
 
Portions of this chapter appeared in: 
“Aligned-to-random” nanofiber scaffolds for mimicking the structure of the tendon-to-bone 
insertion site, J Xie, X Li, J Lipner, CN Manning, AG Schwartz, S Thomopoulos, Y Xia, 
Nanoscale 2 (6), 923-926, 2010. 
Strong and tough mineralized PLGA nanofibers for tendon-to-bone scaffolds, PV Kolluru, J 
Lipner, W Liu, Y Xia, S Thomopoulos, GM Genin, I Chasiotis, Acta biomaterialia 9 (12), 9442-
9450, 2013. 
Generation of Electrospun Nanofibers with Controllable Degrees of Crimping Through a 
Simple, Plasticizer-Based Treatment. W Liu*, J Lipner*, CH Moran, L Feng, X Li, S 
Thomopoulos, Y Xia Advanced Materials, Epub ahead of print, 2015. [* Contributed equally] 
 
Abstract 
A number of structural and compositional features drive the mechanics of tendon and its 
attachment to bone. For example, the alignment of collagen along the direction of muscle force is 
the primary structural feature that contributes to its high tensile strength and mechanical 
anisotropy. Accumulation of mineral on collagen fibers is a compositional feature that produces 
an increase in modulus across the attachment between tendon and bone. The current chapter 
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focuses on recreating two structural features of tendon in nanofiber scaffolds: alignment and 
crimp. The subsequent chapters focus on mineralizing these nanofiber scaffolds to recreate 
compositional elements of the tendon-to-bone attachment. 
2.1  Introduction 
Tendon is a highly anisotropic tissue in which collagen fibrils are assembled into parallel bundles 
and aligned along the long axis of muscle loading (Kastelic, Galeski, & Baer, 1978). This 
anatomic structure serves to transmit the forces generated by muscle contraction directly to the 
skeleton with a minimal loss of energy (Franchi et al., 2007; Franchi, Trirè, Quaranta, Orsini, & 
Ottani, 2007; Zhang et al., 2005). The collagen fibrils also contain a characteristic crimp pattern 
that facilitates non-linear stiffening of the tissue with increasing tensile strain (Grytz & Meschke, 
2009; Hansen, Weiss, & Barton, 2002; Purslow, Wess, & Hukins, 1998; Woo, Johnson, & 
Smith, 1993). The crimped structure is capable of absorbing more strain than straight fibrils and 
consequently serves to buffer mechanical loads generated by the attached muscles or bones. 
Furthermore, the spring-like behavior of a crimped structure can protect the muscle from tearing 
during contraction (KJÆR, 2004; T. J. Roberts, 2002). In general, these tissues do not regenerate 
after injury (Nyman, Gottlow, Karring, & Lindhe, 1982; Sharma & Maffulli, 2005), and there is 
a major effort in searching for scaffolds to enhance the healing process (Goh, Ouyang, Teoh, 
Chan, & Lee, 2003; Woo et al., 1999). Although great progress has been made in fabricating 
nanostructured scaffolds that match the strength and stiffness of native tendons, there has been 
little progress in reproducing the non-linear behavior of native tendon tissue, which is mainly 
derived from its crimped structure.  
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Electrospinning is a simple and versatile technique that is widely used to produce nanofibers 
with thickness comparable to that of collagen fibrils in tendons (D. Li & Xia, 2004; W. Liu, et 
al., 2012; Pham, Sharma, & Mikos, 2006). Previously, we examined the mechanical properties of 
individual electrospun poly(lactic-co-glycolic acid) PLGA nanofibers using custom-built 
microelectromechanical systems and found that their behavior was similar to that of collagen 
fibrils (Eppell, Smith, Kahn, & Ballarini, 2006; Kolluru, et al., 2013). Nanofibers demonstrated 
high moduli in the elastic regions followed by long plateau regions (Figure 2.1). The cross-
sectional morphology of the nanofibers was a major determinant of their mechanical behavior. 
Following the plateau region, two of the three typical morphologies demonstrated apparent strain 
hardening, as indicated by the arrows in Figures 2.1b and 2.1c. This strain hardening, resulting 
from molecular entanglements, is an advantageous component of the stress-strain curves of 
glassy polymers that leads to outstanding mechanical toughening.  
 
Figure 2.1: Engineering stress-strain curves for PLGA nanofibers with (a) uniform circular, (b) non-uniform and (c) 
uniform ellipsoidal cross-sections. The entire load-unload history is shown for tests that were interrupted before 
fiber failure. Fibers with the same diameter are from experiments conducted on segments of the same fiber. The 910 
nm fiber shown with a solid (black) line represents an interrupted experiment. Nanofiber diameters are indicated in 
the legends. Reprinted from Acta Biomaterialia, 9(12), Kolluru et al., Strong and tough mineralized PLGA 
nanofibers for tendon-to-bone scaffolds. 9442-50, Copyright 2013, with permission from Elsevier. 
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Electrospun nanofibers can be readily collected as well-aligned arrays to mimic the structure of 
tendon and the tendon-to-bone attachment tissue (Dan Li, Wang, & Xia, 2003, 2004). As such, 
aligned nanofibers have been extensively explored as a platform of scaffolding materials for 
tendon tissue engineering. The inclusion of crimps, characteristic to the structure of tendon, in 
electrospun nanofibers would better mimic the native tissue mechanical behavior. To this end, 
several approaches have been developed to generate crimps in electrospun nanofibers (Lin, 
Wang, & Wang, 2005; Yaqing Liu, Zhang, Xia, & Yang, 2010; Surrao, Hayami, Waldman, & 
Amsden, 2010).  For example, Wang et al. produced bi-component nanofibers through side-by-
side electrospinning of solutions consisting of two different polymers (Lin, et al., 2005). A 
crimped or wavy morphology was observed when the fibers were relatively thick, which can be 
attributed to the uneven stretching of the two polymers during electrospinning. Amsden et al. 
demonstrated that electrospun nanofibers could be induced to crimp when they were released 
from the mandrel at a temperature higher than the polymer’s glass-transition temperature (Tg) 
(Surrao, et al., 2010). Although these methods can be used to fabricate crimped nanofibers for 
various applications, the degree of crimping was not easily controlled, compromising their full 
potential for tendon repair applications. 
In this chapter, we describe the effects of two structural features on the mechanical behavior of 
nanofibrous scaffolds: the orientation distribution of the nanofibers and the waviness (crimp) of 
the nanofibers. We hypothesized that the strength, modulus, and toughness would be influenced 
by the nanofiber orientation distribution and the direction of tensile testing. We further 
hypothesized that micrometer-scale waviness in the nanofibers would increase the length of the 
nonlinear (toe) region of the stress-strain curve. 
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2.2  Methods 
The effect of nanofiber structure on scaffold mechanics was evaluated via three experiments: 
1. The effect of fiber alignment on scaffold mechanical properties was examined by 
comparing scaffolds with highly aligned nanofibers to scaffolds with randomly aligned 
nanofibers.  
2. Scaffold anisotropy was examined by testing aligned scaffolds at multiple angles (e.g., 
along the predominant fiber direction vs. perpendicular to the predominant fiber 
direction). 
3. The effect of nanofiber waviness on scaffold mechanics was examined by synthesizing 
scaffolds with varying degrees of crimp. 
2.2.1  Effect of Alignment on the Mechanics of Polymer Nanofiber  Scaffolds 
Both random and aligned PLGA nanofiber samples were collected using a rotating mandrel. This 
approach produced samples of roughly the same thickness for two nanofiber orientation 
distributions. Samples were tested along the dominant nanofiber direction in uniaxial tension 
(N = 7–9 per group). 
2.2.2  Effect of Testing Angle on the Mechanics of Polymer Nanofiber 
Scaffolds 
Electrospinning was performed using the protocol described previously, with several 
modifications (Lipner, et al., 2014). PLGA (85:15 lactic:glycolic) 50-75 kDa (Sigma, St Louis, 
MO) was used, dissolved at 25% m/v into 4:1 dichloromethane:N-dimethylformamide (Sigma, 
St. Louis, MO). The solution was loaded into a 3 mL syringe with a 23.5 ga blunt-end needle and 
put in a syringe pump, set to release fluid at a rate of 1 mL/hr. 
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Test strips of 3 mm x 15 mm were cut at various angles from the predominant fiber direction (0, 
15, 30, 45 and 90 degrees), as described by Nerurkar et al. (Nerurkar, et al., 2007), and tested in 
uniaxial tension under displacement control at a constant strain rate of 0.5% per sec (Figure 2.2). 
 
Figure 2.2: Test strips were prepared at multiple angles for uniaxial tensile testing. 
2.2.3  Effect of Crimp on the Mechanics of Polymer Nanofiber Scaffolds 
Fabrication of scaffolds with controlled crimp microstructure 
The polymer solution for electrospinning was prepared by dissolving 1.25 g polylactic acid 
(PLA) (Mw≈75,000) in 10 mL of hexafluoro-2-propanol (HFIP). The solution was loaded into a 
5 mL plastic syringe with a 23½-gauge needle attached, and dispensed using a syringe pump. 
The injection rate was 0.5 mL/h. The fibers were collected using a rotating mandrel at a speed of 
2 m/s. The distance between the tip of needle and the collector was about 20 cm, and a voltage of 
15 kV was used. All the samples were imaged using a Zeiss Ultra-60 FE-SEM at an accelerating 
voltage of 5 kV. The samples were then cut into strips with dimensions 1×5 cm
2
 with the 
nanofibers aligned along the long axis of the strips (Figure 2.3). Crimping of nanofibers was 
0 
9
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θ
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induced by placing the scaffolds in ethanol. The degree of crimping was controlled by varying 
the level of shrinkage for the scaffold. The original length of the strips was denoted as “L0”. 
Prior to ethanol treatment, the two edges perpendicular to the alignment were fixed at various 
distances, as denoted by “L”. When L = L0, the samples were forced to maintain their original 
length after ethanol treatment; when L < L0, the samples were initially slack, but shrank to a 
length of L as after ethanol treatment (Figure 2.3). 
 
Figure 2.3: A schematic illustration of the procedure for generating nanofibers with controllable degrees of 
crimping. The initial length of the strip was defined as L0 while the distance between the two ends after ethanol 
treatment was denoted as L . For L = L0 , the strips were treated with the two ends fixed at a distance equal to the 
original length. When L < L0, the strip initially at slack would shrink to a length of L during ethanol treatment. 
(Adapted from (W. Liu, et al., 2015))   
Force Generation During Ethanol Treatment 
To measure the force produced during ethanol-induced shrinking, PLA nanofiber scaffolds were 
immersed in ethanol or de-ionized water (as a control). All the testing strips were held at their 
original length during the testing. Samples were first placed between magnetic frames for the 
preservation of their initial dimensions during handling and mounting. The frames were mounted 
onto thin film grips and placed in a container mounted to an Instron Electropuls E1000 materials 
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testing frame. De-ionized water was then quickly added into the container, and force was 
measured for 50 s, with the grips held stationary. The water was then drained, and then ethanol 
was added, again measuring the force for 50 s. The force data was analyzed after low-pass 
filtering. 
Mechanical Testing of Ethanol-Treated Fiber Scaffolds 
Uniaxial tensile tests were performed using an Instron Electropuls E1000 with custom grips, and 
analyzed using custom code written in Matlab. Samples from all three groups were cut into 
testing strips of approximately 0.3×1.2 cm, with the nanofibers aligned parallel to the long axis. 
The thickness of the scaffolds was measured with a Keyence LK-081 laser micrometer, and 
width and length were measured from analysis of high-resolution video stills. Samples were 
tested under uniaxial tension at quasi-static conditions, with a constant strain rate of 0.1% per 
second along the direction of alignment. 
2.3  Statistics 
Results are presented as mean ± standard deviation, with “N” indicating the number of samples 
per group. Comparisons between groups were performed using one-way ANOVAs followed by 
Tukey’s post-hoc tests. Significance was set to p < 0.05.  
2.4  Results 
2.4.1  Effect of Alignment on the Mechanics of Polymer Nanofiber  Scaffold 
Aligned scaffolds had significantly higher modulus and ultimate stress than random scaffolds 
(Figure 2.4). Toughness (the area under the stress–strain curve) was also significantly higher in 
the aligned scaffolds relative to the random scaffolds (aligned: 142.5 ± 97.9 MPa; random: 52.7 
± 24.2 MPa). These results are consistent with reports from others showing that the mechanical 
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properties of nanofiber scaffolds are highly dependent on the orientation distribution of the 
nanofibers (B. M. Baker & Mauck, 2007; K. L. Moffat et al., 2009). 
 
 
Figure 2.4: (A) Representative stress–strain curves for the aligned and random nanofiber scaffolds. Note that the 
modulus (B) and ultimate stress (C) were significantly higher for aligned nanofiber scaffolds compared to random 
counterparts. (adapted from (Xie, et al., 2010)) 
2.4.2  Effect of Testing Angle on the Mechanical Properties of Polymer 
Nanofiber Scaffolds 
There was a significant effect of testing angle on the strength (ultimate stress) and modulus of 
the scaffolds, with transverse values always lower than longitudinal values (Figure 2.5). Modulus 
and stress were different in all groups, except at the extreme angles (0, 15 and 45, 90), which 
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were not statistically different. Thus, intermediate angles (15-45 degrees) showed a dependence 
on angle.  
 
Figure 2.5: The strength and modulus of samples depended on the testing angle, with greater deviations from the 
dominant fiber direction leading to great losses in both properties.  (data: mean ± SD, bars with n.s. represent a lack 
of significant difference) 
2.4.3  Effect of Crimp on the Mechanics of Polymer Nanofiber Scaffolds 
Electrospun PLA nanofibers treated with ethanol demonstrated crimp microstructure. Figure 
2.6A shows a scanning electron microscopy (SEM) image of pristine PLA nanofibers. Figure 
2.6, B−E, shows SEM images of the same batch of samples after treating with ethanol at 
L/L0=100%, 75%, 50%, and 25%, respectively. The sample treated at L/L0=100% showed no 
crimping features whereas the sample treated at L/L0=25% exhibited substantial crimping. A 
decrease in wavelength (i.e., an increase in the degree of crimping) was seen with increased slack 
(Figure 2.6, A-E). The maximum shrinkage achievable for a PLA strip through the ethanol 
treatment was to ~10% of its initial length. Depending on the value of L/L0, the wavelengths of 
the crimped features could be tuned from ~100 μm to ~10 μm, while the amplitudes stayed in the 
range of 3−10 μm. The thickness of the fibers also increased as the degree of crimping was 
increased. The diameter of the fibers increased from ~350 nm for the pristine sample to over 1 
μm after treating with ethanol at L/L0=25%. This observation supports the idea that the crimped 
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structure was a result of the retraction of the elongated polymer chains in each electrospun 
nanofiber. 
 
Figure 2.6: SEM images showing (A) the pristine PLA nanofibers, (B-E) the same batch of PLA nanofibers after 
treating with ethanol at L/L0= (B) 100%, (C) 75%, (D) 50%, and (E) 25%. The degree of crimping was found to 
depend on the value of L/L0. (F) Plot showing the relationship between crimp wavelength/amplitude and L/L0. The 
wavelength showed a positively correlation with the value of L/L0 while the amplitude of the crimp remained 
essentially the same. (G) Plot showing the relationship between the diameter of crimped fibers and L/L0. The 
diameter was negatively correlated with L/L0. Roughly one hundred fibers were randomly selected from each 
sample for analysis, and the data are presented as mean ± standard deviation. The ethanol treatment was also 
effective in generating crimped structures in fibers composed of other copolymers or polymer blends, such as 
PLGA. (Adapted with permission from (W. Liu, et al., 2015)) 
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The chain conformation or crystallinity of the samples was also analyzed using DSC analysis. 
Briefly, this analysis showed that when the length was constrained, energy released by the fibers 
during ethanol treatment was used to increase the crystallinity, a process comparable to 
annealing. However, when the length was not constrained, the energy released by the fibers 
during treatment was used to retract the fibers and generate a crimped morphology (W. Liu, et 
al., 2015).  To further examine the energy released by the nanofibers upon treatment with 
ethanol, forces were measured after submerging slack-less samples in deionized water, then in 
ethanol (Figure 2.7). A rise in force was observed after ethanol was added, plateauing 
approximately 1 min after an initial peak. The maximum force was reached rapidly after ethanol 
was added (9.8 ± 2.5 s), and rose to a value of 0.13 ± 0.05 N. The stress produced during ethanol 
treatment was ~16% of the ultimate tensile stress of the pristine nanofibers. In contrast, no 
change in force was observed for the same samples submerged in deionized water.  
 
Figure 2.7: Representative timecourses of force generation for PLA electrospun nanofibers submerged in either 
ethanol or deionized water. Submersion in ethanol led to a rapid increase in force followed by a gradual plateau, 
indicating a continuous tensile force generated by the PLA nanofibers during ethanol treatment. No force was 
generated for nanofibers submerged in water. (Adapted with permission from (W. Liu, et al., 2015)) 
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The mechanical properties depended on the crimp morphology. The samples treated at 
L/L0=100% had the highest modulus and strength, but the lowest yield strain (Figure 2.8B-C). 
The significantly higher modulus for the samples treated at L/L0=100% is consistent with an 
increase in crystallinity, as modulus and crystallinity are positively correlated (Figure 2.8B) 
(Crist, 1995). In contrast, the crimped samples treated at L/L0=50% had the lowest modulus but 
the highest yield strain, which is defined as the maximum strain a sample can reach before 
deforming plastically. Prior to the yield point, material deformation is reversible; a deformed 
material will return to its original shape when the applied stress or strain is removed. Figure 2.8C 
shows that the yield strains were 5%, 4%, and 11% for the pristine nanofibers, the samples 
treated at L/L0=100%, and the samples treated at L/L0=50%, respectively. As shown in Figure 
2.8D-E, the samples treated at L/L0=100% also had the highest toughness and ultimate stress, as 
compared to the pristine nanofibers and the samples treated at L/L0=50%. 
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Figure 2.8: A comparison of the tensile mechanical tests involving (A) stress-strain behavior, (B) Young’s modulus, 
(C) yield strain, (D) toughness, and (E) ultimate stress for the pristine PLA nanofibers and those treated at 
L/L0=50% and L/L0=100%, respectively. N = 12 for each group; the data are presented as mean ± standard 
deviation; the * above the bars indicates significant difference as compared with the pristine nanofibers (p<0.05). 
(Adapted with permission from (W. Liu, et al., 2015)) 
 33 
 
2.5  Discussion 
Structural aspects of nanofiber networks (e.g., fiber dimensions, density, orientation distribution, 
morphology) strongly affect their mechanical behavior. These features are therefore important 
design considerations that are not always emphasized in the fabrication of biomaterials. Defining 
the structure-function relationships for these materials is critical for the implementation of tissue 
engineering designs for musculoskeletal tissues such as tendon. In the current chapter, we 
developed methods to control the microstructure of electrospun polymer scaffolds (namely, 
nanofiber orientation distributions and crimp microstructure) and determined the relationships 
between these structures and the scaffold mechanical properties.  
As shown in a number of studies of natural and synthesized biomaterials, fiber alignment 
significantly affected the material’s mechanical properties (Guy M. Genin, et al., 2009; Nerurkar, 
et al., 2009; Nerurkar, et al., 2007). Individual fibers of collagen or electrospun polymer behave 
like ropes: they can carry load in tension, but buckle in compression. Furthermore, fibers can 
carry load only after slack is removed. Therefore, there are two major factors which determine 
the mechanical properties of scaffolds made up of nanofibers: the slack in each fiber and the 
orientation distribution of those fibers. When the scaffold is placed in tension, these two factors 
will dictate how fibers are recruited to resist the scaffold-level load. Aligned scaffolds were 
clearly anisotropic: when aligned scaffolds were tested at off-axis angles; both their strength and 
modulus decreased. 
The second major structural feature examined in this chapter was crimp nanofiber morphology. 
The crimped nanofibers demonstrated many of the mechanical characteristics of native tendon 
tissues, and ethanol treatment had substantial effects on mechanical properties. Specifically, the 
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crimped nanofibers obtained using ethanol treatment at L/L0=50% displayed a stress-strain curve 
that included a non-linear toe region, followed by a linear region prior to yield. The toe region in 
these samples ended at a strain of ~7.5%. In contrast, the uncrimped nanofibers that were treated 
with ethanol at L/L0=100% and the pristine nanofibers only showed toe regions that ended at 
strains of ~0.5% and ~2%, respectively. The stress-strain curves of these three samples were also 
distinct. 
The higher yield strain for the samples treated at L/L0=50% was likely a result of the crimp in the 
nanofibers. The crimped microstructure mimics the non-linear toe regions observed in native 
tendon tissues under tension, and is an important mechanical feature of soft connective tissues 
(Hirokawa & Tsuruno, 2000; Lynch, Johannessen, Wu, Jawa, & Elliott, 2003). A relatively low 
yield strain, as seen in the pristine nanofibers and the uncrimped nanofibers treated at 
L/L0=100%, may predispose scaffolds to pre-mature rupture in the in vivo setting. The scaffolds 
with crimped nanofibers, on the other hand, have a yield strain comparable to native tendon, and 
may therefore be a better choice for repairing soft connective tissues. The toughness and ultimate 
stress of the samples treated at L/L0=100% were also the highest among the three groups due to 
their increased crystallinity, while no major difference was observed between the pristine 
nanofibers and the samples treated at L/L0=50%.  
The method for generating electrospun nanofibers with a controllable degree of crimping 
exploited the interaction between the polymer and a plasticizer. Specifically, ethanol was used as 
a plasticizer to treat electrospun nanofibers and thus induce the formation of crimped features. In 
one example, PLA was used in uniaxially aligned arrays to mimic the anisotropic structure of 
tendon (Goh, et al., 2003). During electrospinning, the fibers were stretched by a combination of 
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several forces, including the electrostatic force caused by the electric field and the repulsion 
force among the charges accumulated on the surfaces of the fibers. These forces led to the 
elongation of polymer chains along the long axes of a nanofiber and thereby the generation of a 
significant residual stress in the nanofiber (Kakade et al., 2007; Zong et al., 2002). Our 
hypothesis was that, upon contact with a plasticizer such as ethanol, the polymer chains would 
release their residual stress and return to a conformation with a lower energy. These 
conformational changes would then lead to the generation of crimping features along the 
nanofiber.  
Structural features such as fiber alignment and crimp had significant effects on scaffold 
mechanical properties. Furthermore, these features can also affect biological responses. Cell 
seeding experiments demonstrated that, for scaffolds with crimped nanofibers, the scaffold-level 
strain was translated to local unfolding of the crimps, resulting in a lower strain observed by the 
cells (W. Liu, et al., 2015). For the pristine and uncrimped nanofibers, the scaffold-level strain 
was translated directly to local strain, resulting in high strains observed by the cells. The cells 
subjected to high local strains detached from the scaffold or died. In a separate study, improved 
tendon-specific cell responses were observed in aligned nanofiber scaffolds compared to 
randomly oriented nanofiber scaffolds (K. L. Moffat, et al., 2009). Tissue engineering 
approaches for fibrous anisotropic tissues such as tendon should consider the importance of 
recreating structural features of the native tissue. 
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Abstract 
Mineralization of collagenous tissues can be seen in a wide variety of biological systems, leading 
to dramatic changes in mechanical properties (Currey, 1999). In the previous chapter, the 
mechanical properties of bare nanofiber polymer scaffolds that mimicked the structure of tendon 
were examined. In the current chapter, these scaffolds were mineralized using simulated body 
fluid (SBF) solutions (Y. Abe, et al., 1990; Tas & Bhaduri, 2004) to mimic mineralization 
patterns seen at the attachment of tendon to bone. In addition, the effect of mineral morphology 
on the scaffold stiffening effects was examined. 
3.1  Introduction 
Connections between dissimilar materials can lead to high stresses and interfacial failure. One 
approach to minimizing these destructive forces involves incorporation of a functional gradient 
between the materials, as is done in nature and by materials engineers (Birman & Byrd, 2007; 
Miserez, Schneberk, Sun, Zok, & Waite, 2008). At the interface between compliant tendon and 
stiff bone, a gradient in mechanical properties serves to mitigate stress concentrations (Yanxin 
Liu, Birman, Chen, Thomopoulos, & Genin, 2011; Y. Liu, et al., 2012). The two main 
components of this transitional tissue are nanofibers of collagen and nanometer-scale plates of a 
stiff, carbonated, hydroxylapatite (“mineral”) Stiffening of the collagen occurs via a monotonic 
rise in mineral content (Guy M. Genin, et al., 2009; Schwartz, et al., 2012). The increasing 
mineral content results in a stiffness increase from ~400 MPa to ~20 GPa, a difference of almost 
two orders of magnitude (Currey, 2001; Maganaris & Paul, 1999). Unfortunately, this graded 
transitional tissue is not regenerated during tendon-to-bone healing or repair of the rotator cuff 
(S. Thomopoulos, Williams, & Soslowsky, 2003), leading to high failure rates in surgical repairs 
of rotator cuffs (Leesa M. Galatz, et al., 2004; Harryman, et al., 1991). Using the healthy tendon-
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to-bone attachment system as a guide, we created a polymer-hydroxylapatite nanofiber-based 
material with gradients in mineral content, and investigated the mechanical effects of these 
gradients. 
The stiffness of a composite material depends upon several factors, including the mechanical 
properties and morphologies of the constituent phases, and the nature of their interactions 
(Torquato, 2001). By tailoring these factors, materials can be combined to produce a composite 
material that is mechanically superior to its individual constituents. These same factors also 
control the mechanics of composite materials whose composition exhibits a spatial gradation (G. 
M. Genin & Birman, 2009). For the mineralized fibrous scaffolds of interest here, the mechanics, 
distributions, morphology, and interactions of nanofibers and mineral control the mechanical 
properties of the resulting composite material. 
Our earlier work investigated the effects of these mineral coatings on the mechanics of individual 
nanofibers and nanofiber mats. Although initial work showed that mineral stiffened nanofiber 
scaffolds (X. Li, et al., 2009; Wenying Liu, et al., 2011), subsequent work showed that mineral 
did not have a substantial effect on the mechanics of individual nanofibers (Figure 3.1,3.2 Table 
3.1) (Kolluru, et al., 2013). The mechanics of the nanofibers depended on their cross-sectional 
geometry and mineral morphology (Table 3.1). However, there were no increases in strength 
with the addition of mineral, as would be expected based on mechanical testing results at the 
scaffold level. Nevertheless, a high toughness was maintained, without compromising on 
strength, when mineral was added to the surface of the nanofibers and individual nanofibers 
demonstrated outstanding strain-hardening behavior and ductility when stretched uniaxially, 
even in the presence of surface mineralization.  
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Figure 3.1: Engineering stress-strain curves of individual mineralized PLGA nanofibers with (a) thick-platelet, (b) 
thick-conformal, and (c) thin-conformal mineral coatings. The composite fiber diameter was used in all engineering 
stress calculations. Reprinted from Acta Biomaterialia, 9(12), Kolluru et al., Strong and tough mineralized PLGA 
nanofibers for tendon-to-bone scaffolds. 9442-50, Copyright 2013, with permission from Elsevier. 
 
Figure 3.2: SEM images of PLGA nanofiber with thick-conformal mineral coating. (a) Undeformed fiber 
morphology, and (b) mineral fragmentation and debonding from the polymer core. All scale bars are 1 μm long. 
Reprinted from Acta Biomaterialia, 9(12), Kolluru et al., Strong and tough mineralized PLGA nanofibers for 
tendon-to-bone scaffolds. 9442-50, Copyright 2013, with permission from Elsevier. 
 41 
 
 
Unmineralized Mineralized 
Specific Morphology 
Uniform 
circular 
Non-
uniform 
Uniform 
ellipsoidal 
Thick 
platelet 
Thick 
conformal 
Thin 
conformal 
Modulus (GPa) 1.7 ± 0.2 1.4 ± 0.1 2.3 ± 0.3 2.5 ± 0.2 1.3 ± 0.2 1.6 ± 0.2 
Yield stress (MPa) 55 ± 5 40 ± 7 65 ± 2 29 ± 3 36 ± 7 48 ± 10 
Strength (MPa) 56 ± 3 89 ± 7 145 ± 12 30 ± 4 67 ± 0 136 ± 11 
 
 
 
Table 3.1: Elastic modulus, yield stress, and engineering tensile strength of unmineralized and mineralized PLGA 
nanofibers (mean ± standard deviation). Reprinted from Acta Biomaterialia, 9(12), Kolluru et al., Strong and tough 
mineralized PLGA nanofibers for tendon-to-bone scaffolds. 9442-50, Copyright 2013, with permission from 
Elsevier. 
To further investigate the effect of mineral on scaffold-level mechanics, the current chapter 
examines the effect of a mineral gradient on the mechanics of the scaffolds. We hypothesized 
that mineral would stiffen the nanofiber scaffolds, manifesting itself as lower strains in the 
mineralized regions and larger calculated moduli. Furthermore, we hypothesized that the 
stiffening effect would depend on the morphology of the mineral, with denser coatings leading to 
a more potent stiffening effect. Testing of this hypothesis required development of the 
homogenization bounds and of a technique for estimating spatial gradations in elastic modulus in 
a graded scaffold. Understanding the stiffening mechanisms of mineral on nanofiber polymer 
scaffolds is critical for the development of mechanically competent scaffolds for tendon-to-bone 
tissue engineering. We adapted a newly developed digital image correlation algorithm to 
measure local strain patterns and analyzed these strain fields to estimate the relationship between 
mineral volume fraction and mechanical properties.  
3.2  Methods 
3.2.1  Scaffold synthesis 
Scaffolds with gradients in mineral content were generated using electrospinning and two 
different simulated body fluid (SBF) solutions (10 times SBF (10SBF) and modified 10SBF 
(m10SBF)) (Wenying Liu, et al., 2011; Tas & Bhaduri, 2004)( 
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Table 3.2). Poly lactic co-glycolic acid (PLGA, 85:15 lactic:glycolic ratio, Sigma, St. Louis, MO) 
was electrospun onto conducting collectors, as described previously (Wenying Liu, et al., 2011). 
The fiber diameters were 400 - 900nm (as measured using scanning electron microscopy images) 
and the fiber mats were ~60 microns thick (as measured by a laser micrometer; Keyence LK-
081). After electrospinning, the samples were cut into pieces and mounted onto carbon tape-
covered wire frames. The mounted samples were then plasma treated for eight minutes to 
increase surface energy and hydrophillicity (Harrick Plasma PDC-001) (Qu et al., 2007). 
m10SBF samples were incubated for four hours with heparin and then four hours with chitosan 
along with cross-linking agent N-(3-Dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride 
(EDC) (Sigma, St. Louis, MO). This combination of surface modifications generated negatively 
charged ions on the surface, allowing for attachment of calcium ions that are thought to 
encourage mineral nucleation (Cui et al., 2010; Kim et al.; Wenying Liu, et al., 2011; X. H. 
Wang et al., 2003; Zhu, Zhang, Wu, & Shen, 2002). 10SBF samples did not receive this surface 
treatment. Both groups were then soaked in 10SBF without sodium bicarbonate for 30 minutes to 
bind calcium to the surface. The mineralization solutions 10SBF or m10SBF were then applied ( 
Table 3.2) (Wenying Liu, et al., 2011; Tas & Bhaduri, 2004): a syringe pump was used to fill 
vials containing the samples with mineralization solution at a constant rate to create linear 
gradients in mineral content, as described previously (X. Li, et al., 2009). Due to the high 
porosity of the scaffolds (~13 vol% polymer) no diffusion limitations were expected for 
mineralization through the thickness of the samples. 
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3.2.2  Scaffold Characterization 
Scanning Electron Microscopy (SEM) was used to visualize the fibers and mineral morphologies 
for both studies. Samples were mounted on carbon tape-coated aluminum SEM posts and sputter 
coated with Au-Pd for ~45 s to allow a charge path for the primary electrons.  
Posts were then imaged under high vacuum using an FEI Nova NanoSEM 2300 and accelerating 
voltages of between 5 and 10kV. 
 
Table 3.2: Concentrations of ion constituents in SBF solutions (mM). 
Energy dispersive X-ray (EDX) was performed using the FEI Nova NanoSEM 2300 during SEM 
imaging to determine the spatial variation of mineral content along the length of the scaffold. 
Moving in 1-3 mm increments, regions were assessed for their atomic content. Three regions 
were analyzed for each measurement along the mineral gradient and averaged for atomic content. 
Calcium and carbon signals were calculated from the resulting EDX spectra using EDAX 
Genesis software (EDAX, Mahwah, NJ). Mineral content was measured as an atomic percent of 
Ca/(Ca+C), which was subsequently converted to volume fractions (see Supplemental 
Materials). 
Raman spectroscopy analysis was performed with a fiber-optically coupled Raman microprobe 
(HoloLab Series 5000 Raman Microprobe, Kaiser Optical System, Inc., Ann Arbor, MI). The 
532 nm excitation was delivered by a Nd:YAG laser (Coherent), which was coupled to a Leica 
microscope (Germany) with an ultra-long-working-distance MSPlan 80x objective (Olympus, 
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Japan). The spectral region of 400-4000 cm
-1
 was recorded with a resolution of 2.5 ∆cm-1. The 
power of the incident laser was 10 milliwatts, as measured at the surface of the sample. Intensity, 
wavelength, and Raman shift position were calibrated based on a NIST secondary standard, gas 
emission lines, and a laboratory standard. Reproducibility of the Raman shift position for a 
silicon wafer was 520.5±0.1cm
-1. The acquisition time per analysis spot (~1 μm diameter) was 
32×4 seconds.  
3.2.3  Scaffold mechanical testing and analysis 
Uniaxial tensile tests were performed using an Instron Electropuls E1000 (Norwood, MA) with 
custom grips, and analyzed using custom code written in Matlab (Mathworks, Natick, MA). To 
prepare the test strips, the samples were cut out of wire frames with a no. 15 scalpel blade. Using 
the EDX trace for each sample, the location of the gradient was marked with 5 mg/ml alizarin-
red S stain solution (Sigma, St. Louis, MO) and test strips were cut out using a machined 3 mm 
wide stainless steel template along the direction of fiber orientation. The thickness of each strip 
was then measured in several places using a Keyence LK-081 laser micrometer (Elmwood Park, 
NJ), and the average value was taken as the thickness of the sample. The test strips had their ends 
placed between small pieces of sandpaper, with the grit sides facing the grip. Samples were 
tested under uniaxial tension at quasi-static conditions, with a constant strain rate of ~0.4 % per 
second. Video was captured concurrently at 3 frames per second with a resolution of 1360 x 
1024 pixels (Olympus DP70). Images from the video were analyzed for their gage length and 
width. Cross-sectional area was then calculated as width multiplied by thickness. Engineering 
stress was calculated by dividing force by initial cross-sectional area. The raw data were 
analyzed to find the stiffness (slope of the linear region of the force-displacement curve), 
maximum force, maximum stress, ductility, and toughness. 
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Video was analyzed to identify local strains using digital image warping and the Lucas-Kanade 
algorithm (S. Baker & Matthews, 2004; Boyle et al., 2014). This technique provides accurate 
calculation of regional strains in two dimensions throughout the mechanical tests. The local 
moduli were determined from linear regressions of the engineering stress and regional strain 
(Figure 3.3). EDX data of Calcium (Ca) and Carbon (C) were used to calculate Ca/(Ca+C) as a 
proxy for relative mineral content. Using the known molecular formulas for 85:15 PLGA and 
carbonated hydroxylapatite, we were able to estimate mass fractions for both polymer and 
mineral (see Supplemental Materials). Using the published densities of these materials, the mass 
fractions could be converted into volume fractions (Leung, Chan, Baek, & Naguib, 2008; W. L. 
Roberts, Rapp, & Weber, 1974). A small number of samples had local defects due to fabrication 
issues or mishandling. These defects were readily apparent during testing through the appearance 
of local strain concentrations. Any samples that displayed this behavior were excluded. The 
mineral volume was then plotted against the average modulus for each transverse slice, and if the 
modulus measurements did not indicate zones of failure (negative moduli) the data were 
included in a larger dataset for each mineralization method (m10SBF 4/5 included, 10SBF 7/7). 
This larger dataset was analyzed for the overall trends, and a linear fit was found to estimate the 
relationship between modulus and mineral. 
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Figure 3.3: (A) Testing was performed from slack conditions, and conducted with a strain rate of 0.4 %/sec to 
achieve quasi-static loading conditions. (B) Locations were selected from the grip-to-grip stress-strain curve. The 
images were then analyzed to demonstrate the effect of mineral content on the strain fields and mechanical 
properties. (C) Local strain fields were calculated directly. The first principal strain is shown using a heat map. (D) 
The relationship between modulus and mineral content was approximately linear, with the slope representing the 
stiffening effect of the mineral (R: Pearson’s correlation coefficient). Reprinted from Journal of the Mechanical 
Behavior of Biomedical Materials, 40(0), Lipner et al.et al., The mechanics of PLGA nanofiber scaffolds with 
biomimetic gradients in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
As part of this work, a derivation of equations that convert the energy dispersive X-ray 
measurements into estimates of mineral volume fractions.  The full derivation can be seen in 
Appendix 1. The resulting equation that is used to convert between the values uses equation 8 
from Appendix 1: 
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This was used in all subsequent analyses to convert the relative atomic fraction measurement 
from EDX to a scaffold-level volume fraction of hydroxylapatite, noting that in our scaffolds 
𝜑𝑃𝐿𝐺𝐴 ≈ 0.13 and substituting for 𝛼 = 2.7, 𝜑𝐻𝐴 ≈
0.063𝐸𝐷𝑋
1−𝐸𝐷𝑋
. 
3.2.4  Post-testing Characterization 
Samples were examined after mechanical testing with scanning electron microscopy to view 
damage. Specifically, samples were mounted to aluminum posts covered in carbon tape and 
sputter coated with Au-Pd for roughly 45 seconds. They were then imaged under field emission 
imaging to view the damage that had occurred during testing. 
3.2.5  Mechanical Modeling 
Homogenization bounds and estimates were studied to estimate the maximum and minimum 
stiffening possible by combining PLGA fibers, mineral, and a third phase (air) that had no 
mechanical resistance. Four bounds were studied: a parallel estimate, a series estimate, and 
Hashin-Shtrikman-type upper and lower bounds. The parallel estimate was the stiffest guideline 
considered for a mineralized scaffold, and provided an estimate of stiffening for the case in 
which mineral accrues in sheaths on the fibers. The series estimate was the most compliant 
guideline considered, and provided an estimate for the stiffening that would occur in a composite 
with mineral added in series with the fibers. The Hashin-Shtrikman bounds represent maximum 
and minimum elastic moduli for a composite of two isotropic phases that are homogeneously 
mixed (Hashin & Shtrikman, 1963). These were adapted to account for the fibrous nature of the 
scaffolds. The added mineral was assumed to replace air in the composite, and the polymer 
volume fraction was assumed to remain constant with the addition of mineral (based on measures 
of constant scaffold thickness with increasing mineral content, we concluded that the polymer 
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volume fraction did not change during mineralization). The following properties were used: 
polymer volume fraction of 0.13 (based on measurements of apparent density and published 
densities), polymer modulus of 700 MPa (from 4-pt bending tests of solid beams), and mineral 
modulus of 114 GPa (Gilmore & Katz, 1982; Leung, et al., 2008). Although there are likely 
small differences in the mechanical properties of bulk PLGA compared to electrospun nanofiber 
PLGA, 700 MPa is on the order of recent results for single PLGA fiber mechanical tests 
(Kolluru, et al., 2013). We also note that, while 114 GPa is a reliable estimate for geologic 
hydroxylapatite, much debate persists on the mechanical properties of biological hydroxylapatite, 
with recent estimates as low as 55-65 GPa (Deymier-Black, Almer, Stock, & Dunand, 2012; 
Deymier-Black, Almer, Stock, Haeffner, & Dunand, 2010).  
3.2.6  Statistical Methods 
We tested two questions statistically: (1) was there a significant stiffening effect of the mineral 
and (2) did the stiffening effect differ for m10SBF compared to 10SBF? Standard algorithms 
native to MATLAB (The Mathworks, Natick, MA) environment were employed. To test the first 
question, a comparison was made between the measured slope (determined by a linear regression 
to the data for each group) and a slope of zero (i.e., no stiffening effect). To test the second 
question, an analysis of covariance was performed for the two datasets to compare the regression 
line coefficients. The analysis of covariance interactively allows for the comparison of both the 
intercepts and slopes of regression lines. Confidence ellipses representing the observed statistical 
spread of modulus and volume fraction data were drawn based upon the eigenvectors and 
eigenvalues of the two datasets estimated using principal component analysis. After scaling to 
represent a 95% confidence interval, these and the mean values of modulus and volume fraction 
defined the major axes and center, respectively, of an ellipse representing a 95% confidence 
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region for the data. The confidence ellipses were drawn using the using a custom MATLAB 
script (“confellipse2”)  (Schwarz, 1998). 
3.3  Results 
3.3.1  Scaffold Characterization 
Based on EDX analysis, a linear gradient in mineral content was achieved with both mineralizing 
solutions (Figure 3.4). Their morphology was examined using SEM, and was dramatically 
different when comparing the two mineralizing solutions. Mineral deposited using 10SBF was 
distinctly plate-like and diffuse, arranged in florets over fibers. In contrast, mineral deposited 
using m10SBF was dense and largely conformal to the fibers, except for some bunched, bead-
like accumulations similar to those seen on fracture surfaces in natural bone (Thurner et al., 
2007) (Figure 3.5). 
Using Raman spectroscopy, we characterized the scaffolds to confirm that the mineral was in 
fact hydroxylapatite. A suite of peaks from samples with both coatings, and were attributed to 
hydroxylapatite, confirming its identification: 433, 583, 959, and 1045 cm
–1
. Small amounts of 
calcite were found in the 10SBF sample, but previous XRD results suggest that the calcite is 
likely confined to crystals at the surface (Wopenka & Pasteris, 2005). These results confirm that 
the two mineral coatings produced bone-like mineral that was identical in chemical composition 
but different in morphology. 
 50 
 
 
Figure 3.4: A linear gradient in hydroxylapatite mineral content was achieved with both 10SBF and m10SBF. The 
ratio of the number of Ca atoms per unit volume to the combined numbers of Ca and C atoms, as measured with 
EDX, increased linearly along the length of the scaffold’s mineral gradient (measurements are shown for 4 10SBF 
samples and 3 m10SBF samples). Reprinted from Journal of the Mechanical Behavior of Biomedical Materials, 
40(0), Lipner et al.et al., The mechanics of PLGA nanofiber scaffolds with biomimetic gradients in mineral for 
tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
 
Figure 3.5: (A) Plate-like mineral morphology was observed in the 10SBF group. (B) A dense coat of small mineral 
crystals was observed in the m10SBF group. (Outer scale bar = 10 μm, inset scale bar = 1 μm). Reprinted from 
Journal of the Mechanical Behavior of Biomedical Materials, 40(0), Lipner et al.et al., The mechanics of PLGA 
nanofiber scaffolds with biomimetic gradients in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with 
permission from Elsevier. 
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3.3.2  Mechanical Properties 
Effect of m10SBF on Fully Mineralized Scaffolds 
We used electrospinning to create scaffolds of aligned nanofibers, and deposited mineral in a 
graded fashion on the fibers using modifications of a biomimetic ion solution known as SBF. 
Mineral gradients were created over the fibers by submerging the scaffolds into SBF. Two 
different mineralization formulations were used to create mineral coats that were 
compositionally similar but morphologically different (Wenying Liu, et al., 2011; Tas & 
Bhaduri, 2004). The first formulation resulted in plate-like mineral morphology and has been 
used previously to generate nanofiber scaffolds with gradients in mineral (X. Li, et al., 2009). 
The second formulation resulted in a dense mineral morphology and was described in a study 
investigating the effects of homogeneous (i.e., non-graded) mineralization of nanofiber scaffolds 
(Wenying Liu, et al., 2011) (Figure 3.5).  
Effect of m10SBF and 10SBF on Graded Mineralized Scaffolds 
Both mineral volume fraction and mineral morphology strongly affected the mechanical 
properties of the scaffolds. When the graded scaffolds were loaded mechanically, strain was 
higher on the low mineral content ends than the high mineral content ends (Figure 3.6). The 
elastic modulus of scaffolds generated using both coating methods increased with increasing 
mineral content. This relationship was statistically significant based on linear regression analysis 
(Figure 3.6). A high correlation coefficient was found for the m10SBF group, indicating that the 
variation in modulus can largely be explained by changes in mineral content for this group. In 
contrast, a relatively low correlation coefficient was found for the 10SBF group, indicating that 
the variation in modulus can only partially be explained by changes in mineral content for that 
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group. In other words, the denser mineral coat produced by m10SBF led to more rapid stiffening 
compared to the plate-like 10SBF coat (Figure 3.6). 
 
Figure 3.6: Plots of modulus relative to mineral content demonstrate the stiffening effects of 10SBF and m10SBF 
(error bars represent standard deviation). The stiffening effect of m10SBF was significantly greater than 10SBF, as 
evidenced by a higher slope (analysis of covariance; p<0.05). Reprinted from Journal of the Mechanical Behavior of 
Biomedical Materials, 40(0), Lipner et al., The mechanics of PLGA nanofiber scaffolds with biomimetic gradients 
in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
Modeling 
We derived parallel and series estimates to study these data in the context of the weakest and 
strongest stiffening effects possible for a continuous fibrous material comprised of PLGA and 
hydroxylapatite mineral. For the scaffolds mineralized using 10SBF, the data were generally 
coincident with or below the series estimate, indicating stiffening effect as weak as or weaker 
than the lowest possible for a mechanically continuous material (Figure 3.7). Note that the 
volume fraction of mineral in Figure 3.7 is the scaffold-level volume fraction. The equivalent 
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fiber-level volume fractions can be found by dividing these by the scaffold-level volume fraction 
of fibers, ~0.13. The Hashin-Shtrikman-type upper and lower bounds were used to describe the 
minimum and maximum stiffening of fibers consisting of mineral and PLGA mixed 
homogeneously. When compared to all of these bounds and estimates, the stiffening exhibited by 
the 10SBF mineralized scaffolds was revealed to be extremely weak. However, the m10SBF data 
lay well within the bounds and estimates, indicating far superior stiffening. 
 
Figure 3.7: Modeling results demonstrated that 10SBF had a small stiffening effect on the scaffold, following the 
lower series bound, whereas m10SBF had a large stiffening effect,  closer to the upper Hashin-Shtrikman bound. 
This suggests that differences in mineral morphology can affect stiffening effects of the coating. Reprinted from 
Journal of the Mechanical Behavior of Biomedical Materials, 40(0), Lipner et al., The mechanics of PLGA 
nanofiber scaffolds with biomimetic gradients in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with 
permission from Elsevier. 
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Failure and deformation mechanisms  
At the single fiber level, mineral fragmentation and debonding from the polymer core  was 
apparent in previous studies (Figure 3.2) (Kolluru, et al., 2013). At the scaffold level, mineral 
bonding was evident between adjacent fibers (Figure 3.8). Fractures were evident at many of 
these mineral-mineral bridges were fractures in samples examined after mechanical testing. 
 
Figure 3.8: SEM analysis demonstrated mineral bonding between fibers. (white arrows: mineral bridges; 
arrowheads: mineral bridge fractures, black arrows: polymer fibers with little to no mineral. Scale bars = 5 μm, inset 
scale bar = 1 μm). (A) An image from a 10SBF scaffold shows a fractured mineral bridge with crystalline 
morphology. (B) An image from the m10SBF group shows a more conformal layer of mineral that bonds adjacent 
fibers. Inset is magnified image of a mineral bridge fracture. Reprinted from Journal of the Mechanical Behavior of 
Biomedical Materials, 40(0), Lipner et al., The mechanics of PLGA nanofiber scaffolds with biomimetic gradients 
in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
3.4  Discussion 
This work presented a framework for measuring and assessing the stiffening of nanofibrous 
scaffolds by a gradient of mineral. Although the levels of mineralization studied are far below 
those of bone, we see promise in the approach. The stiffening effect of m10SBF on PLGA 
nanofibers reached levels that are appropriate for tendon-to-bone tissue engineering. The PLGA 
scaffolds produced have fibers with moduli similar to that of collagen within tendon (1.4-2.3 
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GPa for PLGA fibers vs. 1.2 GPa for collagen fibers) (Kolluru, et al., 2013; Pollock & Shadwick, 
1994). To extrapolate the data for mineralized scaffolds to volume fractions of PLGA and 
mineral of 50%, representative of the mineral volume fraction in bone (e.g. (Alexander et al., 
2012; Glimcher, 2006; Y. Liu et al., 2014)), two steps must be undertaken. First, the modulus for 
a scaffold with a PLGA volume fraction of 𝜑𝑃𝐿𝐺𝐴=0.13 and hydroxylapatite volume fraction of 
𝜑𝐻𝐴=0.13 can be estimated from the fits in Figure 3.6 and the relationship between EDX and 
hydroxylapatite volume fraction, (Equation 8 in Appendix 1), as: 
𝐸𝑠𝑎𝑚𝑝𝑙𝑒 = (1030 𝐸𝐷𝑋 + 112) MPa =    (1030 
𝛼
𝜑𝐻𝐴
𝜑𝑃𝐿𝐺𝐴
1.3 + 𝛼
𝜑𝐻𝐴
𝜑𝑃𝐿𝐺𝐴
+ 112)  MPa = 807 MPa  (1)  
where 𝛼=2.7 is a fitting factor (Supplemental Document). Then, this estimate can be scaled up to 
a fibril that is 50% PLGA and 50% hydroxylapatite as 𝐸𝑚𝑎𝑥 = 807 MPa ( 0.5 0.13) = 3.1 GPa⁄ .  
This is still a factor of 5 lower than bone (Currey, 2001), due in part to the fact that mineral 
cannot penetrate the PLGA fibers studied. Further modification of the mineralizing solution or 
pre-mineralization functionalization may produce even more effective stiffening effects on 
graded scaffolds. Stronger interfacial bonding between the polymer and the mineral could lead to 
a more potent stiffening effect, although the effect of this on the remarkable strain tolerance of 
polymer fibers would have to be tested. 
Composites bounds provided a context for the stiffening effects of the mineralization methods. 
The bounds represent the stiffening that arises from idealized physical arrangements of the 
polymer and mineral in the scaffolds, enabling investigation of how the mineralized scaffolds 
performed relative to the best and worst stiffening that could be expected (Milton, 2002). The 
series estimate described the stiffness of polymer and mineral combined in series. In this 
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scenario, the stiffness of the composite at low mineral volume fraction was driven primarily by 
the more compliant of two materials, and therefore represents the lowest possible stiffening. In 
contrast, the parallel estimate describes the stiffness of the polymer and mineral combined in 
parallel. In this scenario, mineral contributes in proportion to its volume fraction even at very 
low volume fraction. With the stiffness of the scaffolds driven primarily by the contribution of 
mineral, this estimate represents the highest possible stiffening; note that this is not a theoretical 
bound due to Poisson mismatch between the materials. The Hashin-Shtrikman bounds are the 
tightest bounds for the stiffening when two isotropic phases are mixed homogeneously. A broad 
range of particulate-reinforced composite materials follow the Hashin-Shtrikman lower bound 
for volume fractions, with relatively small contributions the composite stiffness below a 
percolation threshold (G. M. Genin & Birman, 2009; Milton, 2002); the idea here is that the 
stiffer phase does not stretch significantly compared to the compliant phase until it forms a 
contiguous mechanical network (Marquez, Elson, & Genin, 2010; Milton, 2002). Comparing the 
experimental results with the various bounds, the 10SBF mineralization stiffened the scaffolds 
roughly along the series lower bound, while the m10SBF mineralization stiffened the scaffolds 
closer to the Hashin-Shtrikman upper bound. These patterns of stiffening imply that the m10SBF 
methods were more effective in combining a stiff phase (mineral) with a compliant phase 
(polymer) whereas 10SBF methods were relatively ineffective. 
Gradients like those achieved in the present work are used to achieve a number of mechanical 
and biologic functions, including compositional and structural gradients for attachment of stiff 
and compliant tissues (Schwartz, et al., 2012; Stavros Thomopoulos, Williams, Gimbel, Favata, 
& Soslowsky, 2003). Tissue engineers have therefore attempted to reproduce gradients in the 
laboratory using collagen density, mineral content, retrovirus immobilization, and microsphere 
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delivery systems (Hadjipanayi, Mudera, & Brown, 2009; X. Li, et al., 2009; Phillips, Burns, Le 
Doux, Guldberg, & García, 2008; X. Wang et al., 2009). In vitro experiments have demonstrated 
that gradients can guide cell migration, attachment, morphology, fate, and gene expression 
(DeLong, Moon, & West, 2005; B. Li, Ma, Wang, & Moran, 2005; X. Wang, et al., 2009). In the 
current work, simple fabrication techniques consisting of electrospinning and simulated body 
fluids were used to generate a functionally graded scaffold for potential use in soft-tissue-to-bone 
repair.  
This work adds to the body of literature on electrospinning as a technique for creating fibrous 
scaffolds that mimic the structure and organization of fibrous tissues (W. Liu, et al., 2012), and 
to mineralize these scaffolds (X. Li, et al., 2009; Wenying Liu, et al., 2011). Simulated body 
fluid solutions have been used to deposit bone-like mineral on a wide variety of materials (Yun 
Chen, Mak, Wang, & Li, 2006; Takeuchi et al., 2003; Tas & Bhaduri, 2004). Previous work has 
demonstrated that mineral precipitated on both gelatin-coated polymer fibers and titanium alloy 
is similar to bone hydroxylapatite (X. Li, et al., 2008; Tas & Bhaduri, 2004) and that these 
solutions can be used to produce linear gradients in mineralization (X. Li, et al., 2009). Mineral 
deposited by simulated body fluids has been shown to increase pre-osteoblast alkaline 
phosphatase activity and osteocalcin expression, as well as adhesion and proliferation of stem 
cells (Yun Chen et al., 2007; Yun Chen, Mak, Wang, Li, et al., 2006; Y. Chen, Mak, Wang, Li, 
& Wong, 2007; X. Li, et al., 2009; Murphy, Hsiong, Richardson, Simmons, & Mooney, 2005). 
The engineered scaffolds presented in the current chapter used a nanofibrous matrix with a 
gradient of mineral to mimic the mineral compositional gradient found at the tendon-to-bone 
attachment. The two mineral coatings examined mimicked many aspects of the apatite structure 
of mineral found in natural bone.  
 58 
 
The moduli of both PLGA nanofibers and biological hydroxylapatite are uncertain, but we 
believe the moduli used in our models to be reasonable estimates. The intercepts of the linear fits 
of both 10SBF and m10SBF scaffold moduli data are an indication of the modulus of the 
unmineralized scaffolds. These intercepts, combined with an estimated 13% scaffold-level 
volume fraction of PLGA, yielded a modulus of PLGA ranging between 580 and 890 MPa. 
Although the modulus of biological hydroxylapatite is not known to within a factor of 2, 
hydroxylapatite is at least a factor of 100 stiffer than the PLGA, and this uncertainty is therefore 
less important at the volume fractions considered. 
The mechanical properties of the scaffold are dictated by effects at multiple hierarchical levels. 
At the fiber level, if the coating is dense and well-bonded to the fiber, load will be transferred via 
shear stress to the coating, stiffening the fiber. If the coating is poorly bonded to the fiber, little 
stress can be transferred, and the fiber will remain compliant. If the coating is well-bonded but 
not mechanically continuous, it will not be able to carry load, and the stiffness will remain the 
same. Therefore, both the morphology of the coating and its bonding strength to the underlying 
material are important determinants of the overall mechanics. Furthermore, scaffold mechanics 
are also dependent on the interactions between fibers. If the fibers become stiffer, then the 
scaffold becomes stiffer to the extent that the fibers lengthen with the scaffold. If the main 
deformation mechanism of the scaffold is fiber realignment, then friction between the fibers will 
increase the apparent stiffness, regardless of fiber stiffness. If the coating bonds adjacent fibers 
together, then those fibers will have the break those bonds before they can rearrange, leading to 
increased stiffness. 
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At the single fiber level, recent work using a microelectromechanical testing frame examined the 
effect of mineral coatings on single PLGA nanofibers (Figures 3.1-2, Table 3.1). Results 
indicated that 10SBF-based mineral coatings do not substantially change the modulus of the 
individual fibers (Kolluru, et al., 2013). This surprising result implies that the stiffening effect of 
the mineral in the current study occurred at the hierarchical level of the fiber network, not at the 
level of individual fibers. Stiffening therefore likely resulted from increased fiber-fiber 
interactions, e.g., mineral bridges connecting adjacent fibers. Indeed, at higher levels of mineral, 
continuous mineral layers between multiple fibers were apparent on SEM images (Figure 3.8). In 
the next chapter, we directly test this potential stiffening mechanism. 
Several features of the native tendon-to-bone attachment remain to be implemented in the 
nanofiber scaffolds presented in the current study. The scale of the mineral gradient at the natural 
attachment of tendon to bone is on the order of tens of micrometers (Guy M. Genin, et al., 2009; 
Schwartz, et al., 2012), whereas the mineral gradient in the scaffolds was on the order of 
millimeters. Implementation of a smaller gradient is possible with the fabrication techniques 
used, but mechanical characterization of such a gradient would be technically challenging. The 
natural tendon-to-bone attachment contains a fibrocartilaginous transition between tendon and 
bone, with a corresponding mechanically compliant region (Y. Liu, et al., 2012; Stavros 
Thomopoulos, et al., 2003). This complexity has yet to be implemented using the current 
scaffold fabrication approach. Finally, the scaffolds presented in the current study are thin 
relative to the natural tissue at the attachment of tendon to bone. However, these scaffolds can 
form the basis of larger scaffolds, e.g., using a layering approach (Manning et al., 2013), as 
described in Chapter 5. Furthermore, thin scaffolds may improve outcomes by guiding the 
healing process rather than fully replacing the injured tissue. 
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Previous work has shown that the mineral generated by 10SBF has a different morphology, but 
similar composition, to the mineral generated by modified 10SBF (X. Li, et al., 2008; W. Liu et 
al., 2011). The different surface treatments used for these coatings could also affect the bonding 
strength of the coating to the underlying fiber. Changes in bonding strength could have dramatic 
effects on the interaction between mineral and polymer, and bonding strength between the 
different phases presents challenges for the mechanics of the fibers. Rogel et al. indicated that 
most composites that include a ceramic such as hydroxylapatite suffer from weak interfacial 
adhesive interactions between the phases (Rogel, Qiu, & Ameer, 2008). The covalently bonded 
heparin and chitosan surface on the PLGA fibers in the m10SBF group may have improved the 
bonding between the mineral and polymer. It is likely that the strong bonding between the 
chitosan-heparin-mineral complex is responsible for these effects. Previous work with chitosan-
calcium phosphate materials has shown that chitosan can enhance bonding of the ceramic phase, 
maintenance of osteoblast phenotype, in vivo osteogenesis, osteoblast attachment and osteoblast 
proliferation (Kawakami et al., 1992; Zhu, et al., 2002). Further research into the effect of these 
coatings on electrospun scaffolds with m10SBF could elucidate how much this surface treatment 
contributes to the mechanical effects of mineralization. The methods presented here for 
quantifying and assessing these effects comprise an important tool for these efforts. 
In conclusion, we estimated the stiffening effects of two different mineralization methods on 
nanofiber polymer scaffolds and compared these to mechanical models to measure how efficient 
the stiffening was. This is the first study to rigorously examine the mechanics of nanofiber 
PLGA scaffolds with gradients in mineral. New methods were developed to determine the local 
mechanical properties and the mineral volume fractions, and a mathematical model was 
developed to compare the experimental results to theoretical bounds. We found that both 
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mineralization methods stiffened the scaffolds, but that their magnitudes varied substantially, 
with modified simulated body fluid (m10SBF) giving a more potent effect than simulated body 
fluid (10SBF). When compared to the composite bounds we developed, the stiffening by 
mineralization achieved using 10SBF proved to be weaker than the lowest possible stiffening 
predicted by homogenization theory, indicating that mineral was not well connected to the 
scaffold. In contrast, mineralization using m10SBF achieved stiffening that was nearly an order 
of magnitude greater than 10SBF, supporting our initial hypotheses. This stiffening was close to 
that predicted by the Hashin-Shtrikman upper homogenization bound, suggesting that the new 
method might be suitable for tendon-to-bone tissue engineering. 
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Chapter 4: Load transfer between adjacent 
mineralized nanofibers 
 
Abstract 
In the previous chapter, it was demonstrated that mineralization led to scaffold-level stiffening, 
despite a lack of stiffening at the level of individual fibers. These contrasting results implied that 
scaffold stiffening was achieved by increased fiber-fiber connections via mineral bridges. In the 
current chapter, two experiments were performed to test this hypothesis: (1) aligned nanofiber 
scaffolds were mineralized and tested at various angles and (2) peel tests were performed on 
sheets of nanofibers that were connected by mineral. The results supported the idea that 
nanofiber scaffold stiffening by mineral is largely the result of increased mineral connections 
between nanofibers.  
4.1  Introduction 
Previous mechanical characterization experiments on single nanofibers and on networks of 
nanofibers have produced a surprising contradiction: precipitation of calcium phosphate mineral 
onto nanofiber scaffolds stiffens the scaffolds (Lipner, et al., 2014; W. Liu, et al., 2011; Tas & 
Bhaduri, 2004) without stiffening the individual nanofibers (Kolluru, et al., 2013). The current 
chapter describes experiments seeking to understand how this stiffening occurs, with the aim of 
identifying design principles for mineralized nanofiber scaffolds. We hypothesized that mineral 
stiffens nanofiber scaffolds by enhancing links between adjacent fibers. Two experiments were 
designed to test this hypothesis and uncover the mechanisms of stiffening. First, aligned 
nanofiber scaffolds were tested in tension at a number of off-axis angles. For this experiment, it 
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was predicted that the stiffening effect of mineral would be more pronounced in the transverse 
directions (i.e. perpendicular to the predominant fiber orientation) than in the longitudinal 
direction (i.e., along the predominant fiber direction). Second, scaffolds were layered, 
mineralized, and pulled apart in a peel test configuration.  For this experiment, it was predicted 
that mineral would have a significant and concentration-dependent effect on adhesion strength, 
with the fracture energy required to propagate a crack during the peel test scaling with the 
strength of bonding of mineral bridges between nanofibers. 
Earlier in this thesis, the effect of fiber alignment and mineral concentration on nanofiber 
scaffold mechanics was examined in the direction of fiber alignment (i.e., in the longitudinal 
direction). This testing configuration, however, provides limited information on scaffold 
anisotropy and fiber-fiber interactions. One way to determine these properties is to test the 
scaffolds at multiple angles off-axis from the directions of fiber alignment (Figure 2.2). The 
mechanical effect of mineral bridges between adjacent nanofibers would be most apparent when 
scaffolds are tested in perpendicular to the direction of fiber alignment. This testing scenario 
would produce a cumulative measure of mineral bridge mechanics, as nanofibers behave 
mechanically like ropes, and would not provide much resistance in the transverse direction. 
A second, more direct, method to determine the strength of fiber-fiber connections across 
mineral bridges is the peel test configuration. Peel tests are used to estimate the fracture energy 
of an attachment. Adhesion energy can be determined using a variety of experimental methods 
along with their corresponding mathematical models (Gent & Hamed, 1975; Kendall, 1975; 
Steinmann & Hintermann, 1989; Williams, 1993). Typically, one adherent is held stationary and 
the second adherent is pulled in the near-perpendicular direction (Figure 4.1). The resistance to 
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peeling is dependent on the fracture energy of the attachment, as a crack forms at the leading 
edge of the adherents and propagates through the length of the attachment. Using an idealized 
model developed by Kendall (Kendall, 1975) of this testing setup, the fracture energy can then 
be estimated.  
 
Figure 4.1: Schematic of peel testing procedure. (A) A side-view schematic of the peel test configuration is shown. 
After mounting, the top piece is cut on the left (non-peeling) side at its attachment to frame piece 1. The right side is 
then pulled vertically (red arrow) to create a peeling angle of ~90°. (B) A side view from a typical test is shown. 
 65 
 
4.2  Methods 
4.2.1  Overview 
Two sets of experiments were performed to determine the mechanisms by which mineral stiffens 
nanofiber scaffolds. The first experiment tested aligned mineralized scaffolds at multiple angles, 
off-axis from the predominant fiber direction. The second experiment examined fracture energy 
when peeling one nanofiber scaffold that was mineralized to a second nanofiber scaffold. 
4.2.2  Off-Axis Experiments 
Scaffold Fabrication for Off-Axis Experiments 
Electrospinning was performed using a rotating mandril collector, consistent with previous 
studies (Lipner, et al., 2014; W. Liu, et al., 2011). The high voltage source was attached to a 
needle (positive) and the conducting plate below the rotation mandril (negative). The source was 
set at 18 kV, with a tip-to-collector distance of roughly 23 cm. The mandril rotated at an angular 
velocity of 1,840 rpm and a linear velocity of roughly 5.8 m/s. Aligned nanofibers were 
deposited for 1 hr. Scaffolds were then mounted to carbon-tape-coated aluminum frames to 
maintain their size and shape prior to mechanical testing. The scaffolds were mineralized by 
immersion in 10SBF, set to a pH of 6.6 using sodium bicarbonate ( 
Table 3.2) (Tas & Bhaduri, 2004). Due to the high porosity of the scaffolds (~13 vol% polymer) 
no diffusion limitations were expected for mineralization through the thickness of the samples, 
but wettability required a lower mandril speed to prevent high fiber density that prevented fluid 
flow. 
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Mechanical Testing for Off-Axis Samples 
Test strips of 3 mm x 15 mm were cut at various angles from the predominant fiber direction (0, 
15, 30, 45 and 90 degrees; Figure 2.2), as described by Nerurkar et al. (Nerurkar, et al., 2007), 
and tested in uniaxial tension under displacement control at a constant strain rate of 0.5 %/s. 
Analysis of Off-Axis Mechanical Testing 
The thickness of the samples was measured using a laser micrometer (Keyence, Nashville, TN) 
and the width of the samples was measured via calibrated images of the samples and ImageJ 
(NIH, Bethesda, MD). Load-deformation and stress-strain data was used to determine structural 
(e.g., stiffness, ultimate load) and material properties (e.g., modulus, strength), respectively.  
4.2.3  Peel Test Study 
Scaffold Fabrication for Peel Test Study 
A new fabrication method was necessary to create samples suitable for peel test experiments 
(Figures 4.1-2). Aligned nanofibers were electrospun in custom frames, placed perpendicular to 
each other, and mineralized. The system was designed using Google SketchUp (Google, Inc. 
Mountain View, CA) and then fabricated from aluminum sheets and bonded using epoxy (Parson 
Adhesives, Rochester, MI). This idealized setup was expected to produce welds of mineral at 
each point where individual perpendicular nanofibers crossed (Figure 4.2). 
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Figure 4.2: (A) Peel test samples were synthesized by first by depositing aligned PLGA nanofibers onto two 
identical frames.  Note that the box outlined in dashed line was detachable, necessary for mechanical testing. (B) 
After electrospinning, one frame was rotated 90° and attached using three bolts. The two layered scaffolds, aligned 
perpendicular to each other, were then submerged in 10SBF for mineralization. 
In order to improve the hydrophillicity of the scaffolds, a short titration experiment was 
performed to analyze the minimum amount of plasma treatment to allow good solution-polymer 
wetting. Hydrophillicity was sufficiently improved with four minutes of plasma treatment, and 
was used throughout this experiment (Harrick Plasma PDC-001) (Qu, et al., 2007). After plasma 
treatment, tape was placed over the deposited fibers just adjacent to the gap, and the detachable 
side of each set of frames was thinned to roughly 1/3 of the previous width, to ensure consistent 
stress across the peeling piece. This left a width of ~10 mm. Next, the respective pairs of 
collectors were firmly attached at a 90 degree angle, placed in a large styrofoam container with 
the frames in a vertical configuration (to prevent large mineral precipitates from settling onto 
them). The container was filled with 10SBF and allowed to mineralize for various amounts of 
time (5, 15, 30, 60 and 120 minutes).  It was previously shown that increased mineralization time 
leads to increased mineral content (X. Li, et al., 2009). Mineral morphology was examined using 
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scanning electron microscopy (SEM) and energy dispersive x-ray (EDX). Mineral mass and 
volume fraction were determined using the analysis described in Appendix 1. 
Mechanical Testing for Peel Tests 
A random texture was applied to the samples for strain tracking using a diffuse spray of Alizarin 
Red S (10mg/ml in ddH2O) from an aerosol bottle. The frames were mounted in the two grips, 
the frames were detached, and the force was zeroed and the tests were performed by pulling the 
top piece from the bottom piece at an initial angle of 90 degrees at a rate of 0.05mm/sec (Figure 
4.3). During the test, video was recorded as a series of images from one perspective (Illunis 
VMV-8M; 8MP, 2.67fps) to determine strain in the scaffolds, and processed video from a second 
perspective (smartphone camera on LG D800; 2MP, 30fps) to determine the angle between the 
two scaffolds. 
 
Figure 4.3: A representative peel test is shown at the beginning (A), middle (B), and end (C) of a test (direction of 
displacement is shown by white arrow). The nanofiber mats are labeled 1 and 2, and the yellow arrowhead indicates 
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the crack front. (D) Shows the force-displacement curve of the sample, with A, B, and C corresponding to the force 
and displacement of the panels A, B and C. 
Analysis of Peel Testing 
Interpretation of peel tests required analysis of three sets different data sets: (i) force-
displacement from the material testing frame data (ElectroPuls E1000, Instron), used to measure 
the force necessary to separate adherents, (ii) high resolution, low speed video (illunis VMV-8M; 
8MP, 2.67fps), used to measure deformation in the samples, and (iii) low resolution, high speed 
video (smartphone camera on LG D800; 2MP, 30fps), used to measure the angle between the 
adherents. The three data sets were synchronized using an LED which turned on at the onset of 
the test. Data were analyzed using custom scripts in Matlab (Mathworks, Natick, MA). Sample 
width was measured using ImageJ (NIH, Bethesda, MD) from the neutral images taken prior to 
the start of the test and calibrated based on known lengths of apparatus segments. The force data 
was smoothed with an adaptive Savitz-Golay filter.  
The Kendall model was used to analyze peel tests (Kendall, 1975), according to: 
𝑅 = (
𝐹
𝑏
)
2 1
2𝑑𝐸
+ (
𝐹
𝑏
) (1 − cos(θ)) 
where R is the energy required to peel the two pieces apart, F is the force applied along the 
scaffold 1, d, b, and E are the thickness, width, and modulus of the samples, respectively, and Θ 
is the angle between the samples. The two videos were reviewed simultaneously with the force 
data to identify when the following idealized criteria for the Kendall model were met (Kendall, 
1975): (i) constant peeling velocity, (ii) constant peeling force, (iii) consistent geometry of the 
peeling strip, and (iv) known angle between adherents.  SEM was performed on some samples to 
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make measurements of fiber alignment and estimates of fiber-fiber bond density (FEI NanoSEM, 
FEI, Hillsboro, OR). 
4.2.4  Statistics 
To compare mechanical property outcomes, a two-way ANOVA was performed for off-axis 
experiments and a one-way ANOVA was performed for peel tests experiments, followed by 
post-hoc Tukey’s and Bonferroni tests. 
4.3  Results 
The results of the off-axis experiments supported the hypothesis that mineral stiffens fibers by 
forming connections between fibers. Both the testing angle and the mineral content affected the 
strength (ultimate stress) and modulus significantly (p<0.005), with transverse values being 
lower than longitudinal values, mineralization leading to higher modulus, and increasing angle 
leading to lower strength and modulus (Figure 4.4). For both the mineralized and unmineralized 
samples, scaffolds had the highest strength in the longitudinal direction (0 degrees), with strength 
dropping significantly by 15 degrees and continuing to drop with increased angle. The addition 
of mineral led to increased strength only at angles above 30 degrees, with the maximum effect 
seen at 45 degrees. Strength in the transverse direction was increased ~25% with the addition of 
mineral whereas it had no effect on the strength in the longitudinal direction. When examining 
scaffold factors on modulus, mineralization led to increases at all angles, with the maximum 
effect at 45 degrees (~100% change). The modulus in the transverse direction was nearly 
doubled with the addition mineral, but longitudinal modulus was only modestly affected.  
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Figure 4.4: Testing angle and mineralization had significant effects on strength and modulus. Strength and modulus 
decreased for angles above 15 degrees. Mineralization led to increased strength at higher angles (>30 degrees), but 
failed to impact longitudinal strength. Mineralization led to increased modulus at all angles, with the maximum 
effect at 45 degrees. The effect of mineralization was more potent in the transverse direction than the longitudinal 
direction (data: mean ± SD). 
Peel test experiments demonstrated that mineral significantly increased adhesion energy for 
groups that were mineralized for up to 30 minutes, with the trend reversing for 60 and 120 
minutes of mineralization (Figure 4.5). SEM combined with EDX was used to examine the 
morphology and content for each group.  Mineral was not observed in the 5 minute group, and 
this group had similar adhesion fracture energy to the 0 minute (i.e., unmineralized control) 
group. Mineralization time had a significant effect on the adhesion fracture energy. Between 
group comparisons revealed that adhesion energy was significantly higher with 30 minutes of 
mineralization than in all other groups, except 15 minutes. This indicates that adhesion energy 
was similar between the highest and lowest mineralization groups, but that 30 minutes led to 
increased adhesion. 
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Figure 4.5: Very low levels of mineralization did not affect adhesion (0 vs. 5 min), but higher levels of 
mineralization (30 min) increased peeling fracture energy. At the highest levels of mineralization (60 and 120 min), 
fracture energy dropped to levels comparable to those of unmineralized samples. (data: mean ± SD; bars represent 
significance (p<0.005)) 
4.4  Discussion 
The current studies support the hypothesis that mineral stiffening of nanofiber scaffolds occurs 
via increased connections between fibers. In Chapter 2 and in a previous publication (Nerurkar, 
et al., 2007), unmineralized aligned nanofiber scaffolds were tested at various angles, 
demonstrating similar outcomes to those of the mineralized scaffolds in the current chapter. 
Here, we also showed that mineralization stiffened the scaffolds at all test directions, and most 
strongly at 45 degrees to the fiber direction. At this testing angle, nanofibers were neither aligned 
with the direction of load (which would provide the highest resistance) nor perpendicular to the 
direction of load (which would provide the least resistance). The observed effect of mineral at 
this testing angle suggests that it provides resistance to fiber realignment. 
0.0
0.5
1.0
1.5
2.0
2.5
0 5 15 30 60 120
F
ra
c
tu
re
 E
n
e
rg
y
 (
N
/m
) 
Mineralization Time (min) 
 73 
 
Peel tests of layered, mineralized, nanofiber scaffolds showed that even a relatively low level of 
mineral significantly increased bonding between nanofibers. Furthermore, the effect was dose-
dependent, with increased mineralization leading to higher fracture energy, although the trend 
reversed at the highest mineral concentrations. The strong effect of mineral on adhesive strength 
between fibers also supports the hypothesis that mineral forms bridges between adjacent fibers 
that bonds them together. 
The mechanics of a fibrous scaffold depend on fiber recruitment and loading, which are dictated 
by the orientation distribution and the loading direction. Mineralization affected these behaviors, 
most apparently in the transverse direction. Based on the results of the peel tests, fiber-fiber 
interactions are likely weak without mineral, and, as a result, nanofibers can rotate and bend 
easily. Thus, when the scaffold is loaded in tension, it likely takes very little energy to rotate and 
bend the nanofibers within that scaffold that are not aligned in the direction of loading. This 
results in a modulus that is highly dependent on the orientation distribution of the nanofibers. 
The increased bonding between nanofibers due to mineralization may provide resistance to fiber 
rotation and bending, leading to an increased apparent modulus. This could explain why the 
modulus was more dramatically affected in the non-longitudinal directions, where a greater 
fraction of fibers would be rotating and bending under scaffold-level tensile loading. 
Hydroxyapatite and PLGA are mechanically dissimilar materials; hydroxyapatite is stiff and 
brittle, and PLGA compliant and ductile. In these scaffolds, the polymer fraction was kept 
constant and mineral was added. This should lead to the composite becoming more brittle. Liu et 
al. demonstrated this effect, showing that when modified 10SBF was used to mineralize PLGA 
nanofiber scaffolds, the modulus rose as the toughness fell (W. Liu, et al., 2011). Adding brittle 
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mineral crystals may therefore increase the strength and modulus of the scaffold but decrease its 
ability to absorb energy. When designing and synthesizing tissue engineered scaffolds for 
mineralized tissues, the tradeoff between stiffness and toughness should be carefully considered. 
Interestingly, at the highest concentrations of mineral, the peeling fracture energy was reduced to 
that of the unmineralized case. This result suggests that the coating method was limited in its 
ability to strengthen bonds between adjacent nanofibers. Post-test SEM images did not 
demonstrate a clear mechanism for this phenomenon, but some theories can be proposed from 
our knowledge of the material system. Previous work demonstrated that mineral is not well 
bonded to the fibers, and does not stiffen individual fibers (Kolluru, et al., 2013). The limited 
mineral-polymer bonding strength could explain the relative weakness of the fiber-fiber 
adhesion. Another possibility is that at high mineralization times, mineral fills the spaces 
between the nanofibers and disrupts the mineral bridges that form at lower mineral 
concentrations. Further research into the mechanisms of fiber-fiber bonding by mineral needs to 
be completed to better guide the design of mineralized tissue engineered scaffolds. 
This chapter demonstrated that the bonding strength between PLGA nanofibers increases with 
mineralization. However, only a 4-fold increase in adhesion strength was seen compared to 
uncoated fibers. While this increased adhesion has substantial effects on scaffold stiffness, there 
appears to be room for improvement, particularly because we know that  mineral is not well 
bonded to the fibers (Kolluru, et al., 2013). In a previous study, chitosan and heparin were 
attached to the PLGA nanofibers in an attempt to provide a better mechanical connection 
between the mineral crystals and the nanofibers, and the stiffening effect of the mineral was 
more potent (Lipner, et al., 2014). Surface treatments like these could be a useful method to 
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improve mineral bridge adhesion strength. Additionally, the morphology of the mineral can 
change the mineral-polymer bond area and it also the apparent modulus of the mineral. Previous 
work demonstrated that mineral morphology can be changed dramatically with small changes in 
mineralizing fluid composition, and that mineral coatings with smaller particles had a more 
potent stiffening effect on the scaffolds (Lipner, et al., 2014). 
Current approaches for stiffening PLGA nanofiber scaffolds produce materials that are at least an 
order-of-magnitude weaker than necessary for bone and bony interface applications. Thus, 
improvements must be made to this material system for it to approximate the properties of bone.  
The results of the current experiments provide insight into the stiffening effects of mineral on 
nanofiber scaffolds, and methods to test these effects. 
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Chapter 5: In vivo evaluation of nanofiber 
scaffolds with gradients in mineral, adipose 
derived stromal cells, and bone 
morphogenetic protein 2 for tendon-to-bone 
repair 
 
Portions of this chapter appeared in: 
Liu, W., Lipner, J.,  Xie, J., Manning,  C.N., Thomopoulos, S.*, Xia, Y.* (2014). "Nanofiber 
Scaffolds with Gradients in Mineral Content for Spatial Control of Osteogenesis." ACS Applied 
Materials & Interfaces 6(4): 2842-2849. [* shared senior authorship]. 
Lipner, J., Shen, H., Cavinatto, L., Liu, W., Havlioglu, N., Xia, Y., Galatz, L., Thomopoulos, S. In 
vivo evaluation of adipose derived stromal cells delivered with a nanofiber scaffold for tendon-
to-bone repair (2015). In review. 
 
Abstract 
Translation of the scaffolds described in the previous chapters for clinical use requires their 
evaluation in a relevant animal model. In the current chapter, the tissue engineering paradigm 
(combination of scaffolds, cells, and biofactor) was applied to test functionally graded scaffolds 
in the setting of tendon-to-bone repair. After thorough investigation of unmineralized nanofiber 
scaffold mechanics (Chapter 2), examination of the effect of mineralization on scaffold 
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mechanics (Chapter 3), and determination of the mineral stiffening mechanisms (Chapter 4), the 
scaffolds were tested in an in vivo rat rotator cuff injury and repair model in an effort to enhance 
healing.  
5.1  Introduction 
Rotator cuff tears are common, particularly in the aging population, and lead to significant lost 
productivity, pain, and disability. In the United States, approximately 600,000 patients require 
rotator cuff-related surgery each year (Pedowitz, et al., 2011). Unfortunately, a large number of 
surgical repairs fail, even in the young and healthy patient population (Cole, et al., 2007). At the 
root of these failures is a healing process of tendon to bone that does not regenerate the original 
tissue and is characterized by bone loss and scar formation (Leesa M. Galatz, et al., 2006). At the 
healing interface, a lack of graded mineral content and poorly organized collagen fibers result in 
a mechanically weak attachment (Leesa M. Galatz, et al., 2004; Harryman, et al., 1991). The 
poor results after rotator cuff repair in the clinical population motivate the need for novel 
approaches to enhance healing and improve outcomes. 
Two key features of poor healing, and hence therapeutic targets, are mineral loss in the bone 
adjacent to the tendon attachment and poorly organized collagen deposition at the repair site (L. 
M. Galatz et al., 2005; S. Thomopoulos, et al., 2003). Bone loss is a well-described outcome of 
tendon-to-bone healing. Loss of bone occurs after tendon and ligament tears, presumably due to 
the loss of mechanical loading (Killian et al., 2014). However, significant bone loss is also 
apparent even when surgical repair is performed soon after injury (L. M. Galatz, et al., 2005). 
This post-repair bone loss is thought to be the result of increased osteoclast activity in the bone 
directly adjacent to the attachment (Leesa M. Galatz et al., 2009). Furthermore, suppression of 
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bone resorption results in improved healing (Cadet et al., 2010). Less is known about the effect 
of bone anabolic agents (e.g., bone morphogenetic protein 2; BMP-2) on tendon-to-bone healing 
(McKay, Peckham, & Badura, 2007; Wozney et al., 1988). A second feature of tendon-to-bone 
healing is the deposition of disorganized extracellular matrix rather than the well aligned 
collagen fibers in native tendon (S. Thomopoulos, et al., 2003). This scar tissue is an order-of-
magnitude weaker than the uninjured tissue and is not well integrated into the bone (S. 
Thomopoulos, et al., 2003). Enhanced bone formation and aligned collagen deposition 
integrating across the attachment would greatly enhance the strength of the healing interface.  
Based on these prior observations, the goal of the current study was to enhance tendon-to-bone 
healing via delivery of an aligned, biomimetic scaffold with pluripotent cells and an osteogenic 
factor (BMP-2) to the repair site. This scaffold mimicked two features that are critical to the 
mechanics of the natural tendon-to-bone attachment: aligned fibers and a gradient in mineral 
content (X. Li, et al., 2009; Schwartz, et al., 2012). In support of this approach, our prior in vitro 
experiments showed that a gradient in mineral promotes a gradient in osteogenesis by adipose 
derived stromal cells (ASCs) (W. Liu, et al., 2014). Poly lactic co-glycolic acid (PLGA) 
nanofibers scaffolds were fabricated with gradients in mineral, as described in the previous 
chapters. Staining for proliferation indicated that cell proliferation was negatively correlated with 
the mineral content (Figures 5.1-2 along with data not shown). In contrast, numerous markers of 
osteogenesis were positively correlated with the mineral content. These results indicated that a 
gradient in mineral content on the surface of a nanofiber scaffold is capable of inducing graded 
differentiation of ASCs into osteoblasts. 
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Figure 5.1: (Top row) Scanning electron microscopy (SEM) images of PLGA nanofiber scaffold from 
unmineralized end (left) to fully mineralized end (right). (Bottom row) Alkaline phosphatase staining from 
unmineralized end (left) to fully mineralized end (right). (Adapted from (W. Liu, et al., 2014)) This is an unofficial 
adaptation of an article that appeared in an ACS publication. ACS has not endorsed the content of this adaptation or 
the context of its use. 
 
Figure 5.2: Quantification of alkaline phosphatase (ALP) activity of ASCs seeded on aligned nanofibers with a 
graded mineral coating for 7, 14, and 28 days. There was a significant increase in ALP expression by ASCs over 
time, and this expression was positively correlated with mineral content. Significance indicated by lines over the 
bars. (Adapted from (W. Liu, et al., 2014)). This is an unofficial adaptation of an article that appeared in an ACS 
publication. ACS has not endorsed the content of this adaptation or the context of its use. 
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This previous work by our group, as well studies by others, demonstrated that: in vitro mineral 
led to increasing osteogenesis (W. Liu, et al., 2014), BMP-2 can lead to cell differentiation of 
stem cells (E. Abe et al., 2000), and the scaffold could provide a pattern for newly deposited 
collagen fibers (W. Liu, et al., 2012). Therefore, we hypothesized that: (1) aligned nanofibers 
would guide deposition of aligned collagen, (2) a mineral gradient would promote graded 
differentiation of the implanted stromal cells, and (3) BMP-2 would promote osteogenesis and 
bone formation at the repair site. The combination of improved collagen orientation and 
increased bone formation was expected to result in a stronger and tougher tendon-to-bone repair. 
5.2  Methods 
5.2.1  Study design 
In order to examine the effects of scaffold characteristics (alignment and mineral content), ASCs, 
and BMP-2 on tendon-to-bone healing, four groups were examined in a rat rotator cuff injury 
and repair model: Suture Repair (i.e., without ASCs or scaffold), Acellular Scaffold (i.e., repair 
with scaffold but without ASCs), Cellular Scaffold (i.e., repair with ASC-seeded scaffold), and 
Cellular BMP-2 Scaffold (i.e., repair with BMP-2-transduced ASC-seeded scaffold). Repairs 
were evaluated at 14, 28, and 56 days for histologic, morphologic, and biomechanical outcomes. 
Cell seeded layered scaffold 
A multilayered scaffold was used to deliver structural (i.e., aligned nanofibers), compositional 
(i.e., spatial gradient in mineral), and biologic (i.e., BMP-2 produced by ASCs) cues to the repair 
site. This layered design followed a similar approach previously developed for flexor tendon 
repair (Manning et al., 2013). The implanted scaffold had five layers: three sheets of polylactic-
co-glycolic acid (PLGA) nanofibers with gradients in mineral with two layers of fibrin matrix 
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between them. The fibrin provided a rapidly resorbed layer with a large enough volume to 
deliver cells to the repair site. 
PLGA nanofiber mat with spatial gradient of mineral content 
Non-woven mats of nanofibers were generated by electrospinning PLGA (85:15 lactic:glycolic 
ratio, Sigma, St. Louis, MO) onto conducting collectors, as described previously (X. Li, et al., 
2009). The fiber diameters were 400 - 900nm (as measured using scanning electron microscopy 
images) and the fiber mats were ~60 microns thick (as measured by laser micrometer; Keyence, 
LK-081, Osaka, Japan). The electrospun scaffolds were then mineralized with a gradient in 
mineral by ten times simulated body fluid (10SBF) (Tas & Bhaduri, 2004). To prepare the 
scaffolds for mineralization, the samples were cut into pieces and mounted onto carbon tape-
covered wire frames. The mounted samples were then plasma treated for eight minutes to 
increase surface energy and hydrophillicity (PDC-001, Harrick Plasma, Ithaca, NY) (Qu, et al., 
2007). Scaffolds were soaked in 10SBF without sodium bicarbonate for 30 minutes to bind 
calcium to the surface. The mounted samples were then placed in glass vials and filled with 
10SBF. A syringe pump was used to fill the vials at a constant rate to create linear gradients in 
immersion time and mineral content (X. Li, et al., 2009). 
SEM was used to verify the fiber and mineral morphologies. Samples were mounted on carbon 
tape-coated aluminum SEM posts and sputter coated with Au-Pd for ~45 s to allow a charge path 
for the primary electrons. Posts were then imaged under high vacuum using an FEI Nova 
NanoSEM 2300 and accelerating voltages of between 5 and 10kV. Energy dispersive X-ray 
(EDX) was performed using the FEI Nova NanoSEM 2300 during SEM imaging to determine 
the spatial variation of mineral content along the length of the scaffold. Moving in 1-2 mm 
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increments, regions were assessed for their calcium and carbon atomic content. Three regions 
were analyzed for each measurement along the mineral gradient and averaged for atomic content. 
Three 5 x 5mm scaffold pieces were used to create the final 5-layer construct, as described 
previously (Manning, et al., 2013). All scaffolds had appropriate fiber diameters and mineral 
gradients, consistent with our previous work (X. Li, et al., 2009). 
Fibrin hydrogel 
Fibrin solution was prepared from human fibrinogen (EMD Millipore, Billerica, MA) and 
dissolved in tris-buffered saline (TBS) at a concentration of 20mg/ml. The fibrin solution was 
filtered and combined 1:1 with three components to produce the polymerizing fibrin solution: 
140 parts alpha minimum essential medium (α-MEM), 55 parts 50mM CaCl2, and 5 parts 
1000U/ml thrombin. Constructs were assembled from 3 layers of PLGA, joined by two layers of 
fibrin hydrogel that adhered the layers together and provided volume to deliver a large amount of 
cells (Manning, et al., 2013). Cellular gels were created with identical fibrin mixed with 3.6 
million cells. The final scaffolds measured roughly 5 x 5 x 1 mm, leading to a cell concentration 
of approximately 2 million cells/ml (500,000 cells per scaffold). 
Adipose-derived stromal cells 
Allogeneic adipose-derived stromal cells were isolated from the subcutaneous adipose tissue of 
juvenile male Sprague-Dawley rats. The tissue was digested using 0.2% collagenase A for two 
hours, and the resulting cell solution was passed through 70 micron filters, cultured and selected 
for plastic adherence. Cellular scaffolds were seeded with passage 3 cells overnight at a density 
of 35 thousand/cm
2
 before implantation. These cells have been shown to be able to differentiate 
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into a wide variety of lineages, including tenocytes, chondrocytes, and osteoblasts (Gimble & 
Guilak, 2003; Shen, Gelberman, Silva, Sakiyama-Elbert, & Thomopoulos, 2013). 
Generation and testing of hBMP-2-yellow fluorescent protein (YFP) construct and adenovirus 
For delivery of BMP-2, cells were transduced with an adenovirus that leads them to produce a 
BMP-2-YFP fusion protein. To create viral vectors, a human BMP-2 construct (kindly provided 
by Dr. Su-Li Cheng at Washington University in St. Louis) without a stop code was cloned into a 
pCR2.1 vector by PCR cloning. To generate the recombinant hBMP-2-YFP construct, a YFP 
construct with a stop code at the 3’ end of its coding sequence and EcoRV and NotI restriction 
sites at its 5’ and 3’ ends, respectively, was generated by PCR and cloned into pCR2.1-hBMP-2 
vector at EcoRV and NotI sites with its 5’ end in frame with the hBMP-2 coding sequence. The 
resulting hBMP-2-YFP construct was subsequently cloned into a pVQpacAd5CMVK-NpA 
shuttle vector (ViraQuest Inc., North Liberty, IA) at Kpn I and Not I sites. The hBMP-2-YFP 
adenovirus was commercially prepared and purified to 5 × 10
10
 plaque-forming units/ml 
(ViraQuest). Titration tests were used to test the effectiveness of different vector concentrations 
(0, 0.25, 0.5, 1, 2, 4 µl of vector solution) and changes in BMP-2 expression over time (Figure 
5.4). Based on these in vitro studies, 4 µl vector per 500,000 cells concentration and 3 days of 
culture was chosen for cells implanted in vivo. 
Surgical Procedure 
Sixty-four Sprague-Dawley male rats were used for this study (Jackson Labs, Bar Harbor, ME). 
All procedures were approved by the Animal Studies Committee at Washington University. 
Animals were anesthetized using isoflurane, and surgeries were performed under sterile 
conditions. The supraspinatus tendon was cut cleanly from its attachment to the humeral head. A 
burr was used to remove existing fibrocartilage at the attachment footprint. The tendon was 
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grasped with a modified Mason Allen stitch and passed through a bone tunnel in the humeral 
head. Four groups were examined: Suture repair, Acellular Scaffold, Cellular Scaffold, and 
Cellular BMP-2 Scaffold. 
In the groups with scaffolds, a 5 x 5 mm scaffold was placed over the repair site, with three 
suture attachment points: tendon suture, periosteum distal to the repair site, and supraspinatus 
muscle proximal to the repair site (Figure 5.3). Post-operatively, animals were allowed free cage 
activity. Animals were randomized to sacrifice timepoints of 14, 28, or 56 days and assayed for 
bone morphometry and biomechanics (N = 8-10), or histology (N = 2-4). 
 
Figure 5.3: schematic of the human shoulder is shown (A) with the proposed placement of the scaffold (B). In the 
current study, the rat supraspinatus tendon was injured and repaired in a similar fashion, with the scaffold placed 
over the repair site. The mineralized end was placed over the bone, and the unmineralized was placed over the 
tendon (mineral content indicated by green shading in B). Repair sutures are shown in blue (s: supraspinatus muscle, 
a: acromion, h: humeral head, i: infraspinatus muscle, b: biceps tendon; images modified from ZygoteBody, Zygote 
Media Group, Inc.). 
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5.2.2  Bone morphometry 
Samples were scanned in air using microcomputed tomography (microCT) (SCANCO μCT40) 
with 20 µm resolution and 300 ms integration time at 45 kV/177µA. Two different volumes were 
analyzed: the scar over the repair site and the trabecular bone of the humeral head. Scar 
characteristics were determined for a 4 mm region near the tendon-to-bone attachment of the 
supraspinatus tendon, using thresholds between 70 and 240. Trabecular bone morphometry was 
measured in a volume of interest spanning approximately 2.5 mm between the growth plate and 
the epiphyseal surface, excluding the cortical bone. Bone morphometry parameters were 
calculated using the manufacturer's software (Scanco, Switzerland), including bone volume 
fraction (BV/TV), bone mineral density (BMD), and trabecular architecture (thickness (Tb.Th.), 
number (Tb.N.), and separation (Tb.S.). 
5.2.3  Mechanical testing and analysis 
Uniaxial tensile tests were performed using an Instron 5866 (Instron, Norwood, MA) with 
custom grips, and analyzed using custom code written in MATLAB (Mathworks, Natick, MA). 
Samples were tested at quasi-static conditions, with a stress relaxation of 5 minutes followed by 
a test to failure at a constant strain rate of ~0.1 %/s. Video was captured concurrently at 2 fps 
with a resolution of 3,296 x 2,474 pixels (Illunis VMV-8M, Minnetonka, MN). Engineering 
stress was calculated by dividing force by the initial cross-sectional area. Strain was determined 
as change in length divided by original length. Length-deformation data were analyzed to find 
the stiffness (slope of the linear region of the force-displacement curve), maximum force, yield 
load, and yield deformation. Stress-strain data were analyzed to find the modulus (slope of the 
linear region of the stress-strain curve), strength (maximum stress), yield stress, yield strain, and 
toughness. 
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5.2.4  Histology 
Samples selected for histology were demineralized in ethylenediaminetetraacetic acid (EDTA) 
and then processed for either frozen or paraffin-embedded sections. Samples in the Suture and 
Cellular BMP-2 groups were first embedded in frozen Optimal Cutting Temperature (Tissue-
Tek®, VWR, Radnor, PA) to avoid autofluorescence of the paraffin that would obscure 
visualization of the BMP-2-YFP. Frozen samples were cryo-sectioned at 8 µm and stained with 
DAPI to visualize nuclei. After collecting frozen sections, the samples were re-embedded in 
paraffin. Samples in the other two groups were only embedded in paraffin. Paraffin embedded 
samples were sectioned at 8µm and stained with: trichrome, safranin O/fast green, toluidine blue, 
or hematoxylin/eosin. Histologic sections were graded blindly by NH for cellularity, 
inflammation, and tendon-to-bone healing according to the maturity scale described by Yokoya 
et al. (for details on scoring, see caption of Table 5.1) (Yokoya, Mochizuki, Nagata, Deie, & 
Ochi, 2008). 
5.2.5  Statistics 
Mechanical data was excluded from the final dataset if grip slippage (9 out of 88 samples) or 
growth plate failure (7 out of 88 samples) occurred. To compare mechanical and microCT 
outcomes, a two-way analysis of variance (ANOVA) was performed on two factors (time and 
scaffold) and two covariates (cells and BMP2), followed by a Fisher’s least-squared difference 
post hoc test on combined time and scaffold effects, when appropriate. This allowed us to adjust 
for the incomplete study design that didn’t include all possible combinations (e.g., BMP2 
adenovirus without cells). Histologic scores were not statistically compared due to their semi-
quantitative nature. 
 87 
 
5.3  Results 
5.3.1  BMP-2 transduction and in vivo delivery 
In vitro culture of BMP-2-transduced ASCs showed that 4 μl of the virus was effective for BMP-
2 production after 24 hr (Figure 5.4A). Expression increased over the first 3 days of culture and 
plateaued thereafter (Figure 5.4B). Based on these results, a 3 day culture period was chosen 
between incubation and implantation in vivo. Delivery of BMP-2 to the repair site was validated 
by observation of YFP in histologic sections at 28 and 56 days after surgical repair (Figure 
5.4C). 
 
Figure 5.4: (A) ASCs were transduced for 4 hours with various doses of AdBMP-2-YFP vector (0 – 4 μl). There was 
a dose dependent increase in fluorescence. (B) There was an increase in expression over time (note: 24 h image 
taken at 1/4 s exposure, 48 h and 72 h images taken at 1/20 s exposure]. (C) Fluorescent cells were evident near the 
repair site 28 d and 56 d after implantation. (All scale bars: 200 microns)  
 88 
 
5.3.2  Histology 
The healing interface was dominated by fibrovascular scar in all groups (Figure 5.5, Table 5.1), 
as evidenced by high cellularity and vascularity, and poor collagen orientation and insertion site 
continuity. The scar was remodeled over time, as indicated by histologic scores improving 
towards normal by 56 days. When comparing the four groups, the groups that contained a 
scaffold showed a notably delayed healing response compared to the suture-only group. 
Specifically, scores for cellularity, fraction of cells that were fibroblasts, cell and collagen 
orientation, and insertion morphology and continuity were lower (i.e., further from normal) in 
the scaffold-containing groups compared to the suture-only group at 28 days. There were few 
other apparent differences among groups for the outcomes measured. 
 
Figure 5.5: Representative histology images from groups at 28 days. For each panel, high magnification views are 
shown on the left (trichrome stain) and center (Safranin O stain) and a low magnification view (trichrome) is shown 
on the right. Rectangles in the low magnification views denote the positions of the high magnification view. T: 
tendon, I: insertion, B: bone. Scale bars = 0.5 mm in high magnification panels, 1 mm in low magnification panels. 
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5.3.3  Bone and scar tissue morphology 
Bone volume was significantly increased by 9% from 28d to 56d, but was not affected by 
treatment (Figure 5.6C). Trabecular thickness was significantly increased by 13% with time 
(Table 5.2). The cellular groups had significantly higher trabecular thickness than the acellular 
groups (8% increase). However, the cellular groups also had significantly increased trabecular 
spacing (11% increase). Trabecular number had a decrease of 10% with time (Figure 5.6D). 
Overall, this suggests that the addition of cells, independent of time, scaffold or BMP2, led to 
lower numbers of thicker trabeculae. Taken together, this did not affect the bone volume fraction 
as they counteracted each other. Bone mineral density (BMD) was not affected by time or 
treatment, but there was a trend for increased BMD with time (p=0.08), with average BMD 
rising with time (28d to 56d) from 894 to 905 mg HA/ccm, a minor 1.2% increase. 
MicroCT was also used to determine the volume of the scar tissue at the healing attachment 
(Figure 5.6A). Scar volume was not significantly affected by time of any treatment (scaffold, 
cells or BMP2), suggesting that the treatments did not lead to altered scar formation (Figure 
5.6B).  
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Figure 5.6: (A) Representative 3D reconstruction of repaired attachment. Regions of analysis are indicated by the 
outlined areas (B: Bone, I: Insertion, T: Tendon) (B) Scar volume increased from 28 d to 56 d in the acellular group 
and the suture group was lower than the acellular and cellular BMP-2 group. (C) Bone volume over total volume 
was decreased in the cellular BMP-2 group compared to other groups at 28 d, but there was no difference at 56d. (D) 
Trabecular number was significantly lower in the 28 d cellular BMP-2 group compared to the other 28 d groups. 
(Bars represent mean + SD). 
5.3.4  Mechanical testing 
Average stress-strain curves were similar between groups, demonstrating initial toe regions, 
followed by linear regions, followed by yield and post failure regions (Figure 5.7A,B). Structural 
properties (stiffness and ultimate load) were significantly increased with time by ~45% (Table 
5.2). There was a trend for decreased stiffness in the scaffold groups compared to the suture 
group (~17% decrease, p=0.07). Material properties modulus and ultimate stress were 
significantly increased with time by 66% and 57%, respectively (Figure 5.7C,D). Modulus was 
significantly decreased by 29% in the scaffold groups compared to the suture group. There was a 
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trend towards decreased modulus (18% decrease) and ultimate stress (22% decrease) in the 
BMP-2 group compared to the other groups (p = 0.07 and 0.09, respectively). Ultimate strain and 
toughness were not significantly affected by time or treatment (Table 5.2). 
 
Figure 5.7: (A) Average stress-strain curves for 28 d groups and (B) 56 d groups. (C) Ultimate stress (i.e., strength) 
increased significantly from 28d to 56d, and decreased due to BMP2 treatment. (D) Modulus was lower in the BMP-
2 group compared to the suture group. Modulus was lower in the acellular group compared to the suture group at 
56d. (Bars: Mean + SD, dashed bar over bars indicate: p<0.1, thick bar, solid lines over bars indicate p<0.05). 
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    14 days   28 days   
    Acellular   Suture Acellular Cellular BMP2   
Cellularity   3.5 (2, 4)   1 (1, 1) 3 (2, 3) 2 (2, 3) 2 (1, 3)   
Fibroblasts   2.5 (1, 4)   1 (1, 1) 2 (1, 3) 3 (2, 3) 1.5 (1, 3)   
Vascularity   3 (2, 4)   3 (3, 3) 2 (2, 3) 2 (2, 3) 3 (2, 4)   
Matrix   3 (2, 4)   1.5 (1, 3) 2 (2, 3) 3 (2, 3) 2 (2, 3)   
Cell orient.   3 (1, 4)   1.5 (1, 2) 2 (2, 2) 2 (2, 3) 2 (2, 3)   
Coll. orient.   4 (2, 4)   2 (2, 2) 3 (3, 3) 3 (2, 3) 2.5 (1, 3)   
Ins. histo.   3.5 (2, 4)   2 (1, 3) 3 (3, 3) 3 (1, 3) 2.5 (1, 3)   
Ins. cont.   4 (2, 4)   2 (2, 3) 3 (3, 3) 3 (2, 3) 2.5 (1, 3)   
Maturity   26.5 (14, 32)   14.5 (12, 17) 20 (19, 22) 22 (15, 23) 18 (12, 24)   
         
 56 days 
 Suture Acellular Cellular BMP2 
Cellularity 2 (1, 3) 3 (3, 3) 2 (2, 2) 2.5 (2, 3) 
Fibroblasts 2 (1, 3) 2 (2, 2) 1.5 (1, 2) 2 (1, 3) 
Vascularity 2 (2, 2) 2.5 (2, 3) 2.5 (2, 3) 3.5 (3, 4) 
Matrix 2 (1, 3) 2 (2, 2) 2 (2, 2) 1.5 (1, 2) 
Cell orient. 1.5 (1, 2) 2 (2, 2) 2 (2, 2) 1.5 (1, 2) 
Coll. orient. 2.5 (2, 3) 2 (2, 2) 2.5 (2, 3) 2 (2, 2) 
Ins. histo. 3 (2, 4) 2 (2, 2) 3 (3, 3) 2 (2, 2) 
Ins. cont. 2.5 (2, 3) 2 (2, 2) 2.5 (2, 3) 2 (2, 2) 
Maturity 17.5 (12, 23) 17.5 (17, 18) 18 (17, 19) 17 (14, 20) 
Table 5.1: Histologic scores for repair groups at 14, 28, and 56 days. Each outcome was scored from 1 (closest to 
normal) to 4 (most abnormal). The sum of scores was used as an indication of enthesis maturity (8: normal, 32: 
furthest from normal). Specifically, Cellularity (4: high, 1: low), Fibroblasts (4: <25% of total, 3: 26-50%, 2: 51-
75%, 1: >75%), Vascularity (4: 15 blood vessels/low power field, 3: 11–15 bv/low PF, 2: 6–10 bv/low, PF, 1: <6 
bv/low PF, Matrix (4: Minimal, 1: Marked), Cells parallel (4: <25%, 3: 26-50%, 2: 51-75%, 1: >75%), Collagen 
orientation (4: <25% fibers parallel, 3: 26-50%, 2: 51-75%, 1: >75%), Insertion histological findings (4: lacks 
fibrocartilage/regularity/tidemark, 3: regularity but lacks fibrocartilage/tidemark, 2: regularity and fibrocartilage but 
lacks tidemark, 1: regularity/fibrocartilage/tidemark present), Insertion continuity (4: <25%, 3: 26-50%, 2: 51-75%, 
1: >75%). Data are presented as median (range). 
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Time
point 
Group 
Tb.Th. 
(µm) 
Tb. S. 
(µm) 
BMD 
(mg 
HA/ccm) 
Stiffness 
(N/mm) 
Ultimate 
Load (N) 
Ultimate 
Strain 
(%) 
Toughnes
s (MPa) 
  28d 
Suture 129 ± 16 331 ± 34 890 ± 26 21.4 ± 6.1 21 ± 5.5 34 ± 14 0.58 ± 0.29 
Acellular 127 ± 18  342 ± 57 907 ± 12 18.3 ± 3.9 25 ± 5.9 39 ± 29 0.70 ± 0.37 
Cellular 135 ± 17  364 ± 46 902 ± 24 19.4 ± 8.9 25.7 ± 9.4 42 ± 11 0.95 ± 1.11 
Cell/BMP2 130 ± 9 424 ± 65 907 ± 10 16.3 ± 3.1 19.7 ± 5.9 42 ± 16 0.51 ± 0.33 
  56d 
Suture 147 ± 26 371 ± 68 907 ± 16 31.9 ± 7.5 32.3 ± 4.9 31 ± 8 1.00 ± 0.7 
Acellular 134 ± 18 349 ± 44 900 ± 28 25.9 ± 10 31.1 ± 9.4 34 ± 7 0.82 ± 0.37 
Cellular 160 ± 19 423 ± 97 911 ± 13 25.6 ± 9.4 31.7 ± 10 38 ± 11 0.82 ± 0.43 
Cell/BMP2 145 ± 21 400 ± 94 917 ± 19 24.4 ± 8.3 32.6 ± 6.6 50 ± 20 0.89 ± 0.31 
Effects (p<0.05) 
(T,S,C,B) T, C C 
 
T T 
  
Table 5.2: Trabecular thickness was significantly increased with both time and the cells, Trabecular spacing was 
significantly increased with cells. Stiffness and ultimate load were significantly increased with time. There were 
trends (p<0.1) for increased BMD with time and decreased stiffness with scaffold. T: time, S: scaffold, C: cells, B: 
BMP-2. 
5.4  Discussion 
A nanofiber scaffold with a gradient in mineral was used to deliver cells to the rotator cuff repair 
site in an animal model. This approach attempted to address two features of failed rotator cuff 
tendon-to-bone healing: loss of bone and disorganized (scar) matrix formation at the interface. 
Despite the use of a scaffold mimicking the mineral gradient and aligned nature of the native 
tendon-to-bone attachment, the repair was dominated by scar formation. Furthermore, the use of 
cells transduced with the osteogenic factor BMP-2 led to impaired healing, as demonstrated by 
decreased bone formation and decreased mechanical properties. 
Healing after an acute rotator cuff injury and repair progresses from an early inflammatory phase 
(on the order of days) to a proliferative and remodeling phase (on the order of weeks) leading to 
disorganized scar tissue formation composed of types I and III collagen (Leesa M. Galatz, et al., 
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2006). This response is driven by native tendon fibroblasts, presumably recruited by 
inflammatory cytokines (Bunker, Ilie, Ilie, & Nicklin, 2014). Despite the existence of tendon 
stem cells (Bi et al., 2007), the tendon healing response is scar-mediated rather than regenerative. 
In the current study, adipose derived stromal cells were delivered to the repair site in an effort to 
promote a regenerative response (i.e., recreation of the native attachment site structure) over the 
natural fibrovascular scar response. Mesenchymal stem cells have been shown to modulate 
inflammation and to differentiate down the multiple lineages, including the tendon fibroblasts, 
chondrocytes, and osteoblasts found at the healthy tendon-to-bone attachment (Erickson et al., 
2002; Gimble & Guilak, 2003; Shen, et al., 2013). However, delivery of ASCs was ineffective in 
improving the repair in the current study. The lack of effect may have been due to a low number 
of implanted cells relative to the numbers of cells that naturally fill the repair site. Moreover, the 
implanted cells were placed as a patch over the repair site, and therefore were not directly at the 
interface between the healing tendon and bone.   
An analysis of variance revealed that the scaffold had a negative effect on healing, as 
demonstrated by decreased mechanical properties. Scaffolds of various types have been used for 
tissue engineering of the enthesis, including natural materials such as collagen and fibrin and  
polymeric materials such as PLGA and poly-lactic acid (Davis, Huang, Ambrosio, Ronca, & 
Nicolais, 1992; Gulotta, Kovacevic, Packer, Deng, & Rodeo, 2011; Sato et al., 2000). In vitro 
studies have shown great promise for the use of electrospun polymer scaffolds in tendon-to-bone 
tissue engineering applications (Mauck, et al., 2009; K. L. Moffat, et al., 2009). Moffatt et al. 
showed that aligned nanofiber scaffolds drove mesenchymal stem cells towards a tendon lineage, 
ideal for rotator cuff repair. Liu et al showed that a gradient in mineral promoted a gradient in 
cell phenotype, with osteoblastic differentiation correlating with mineral content (W. Liu, et al., 
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2014). However, few studies have applied these in vitro results to a clinically relevant in vivo 
animal model. In the current study, we found that the native fibrovascular response overwhelmed 
any benefit of the implanted cells or the aligned nanofibers with a gradient in mineral. Indeed, 
the scaffold itself impaired the healing process, perhaps due to negative effects of PLGA 
degradation products (e.g., an acidic local environment can potentiate bone loss) (Fu, Pack, 
Klibanov, & Langer, 2000). Histologic assessment indicated that groups with a scaffold had 
lower overall cellularity and lower fibroblast numbers than the suture only group. This 
corresponds well with the observed decrease in modulus in scaffold-containing groups, since 
lower fibroblast numbers suggests a muted remodeling response in those groups. 
The delivery of BMP-2 via adenoviral gene transfer led to loss of bone and decreased repair 
mechanical properties. Based on BMP-2-YFP expression patterns, in vitro and in vivo studies 
demonstrated prolonged expression of BMP-2. This sustained expression of BMP-2 may have 
led to a negative osteoblast-osteoclast feedback loop and increased bone resorption. BMP-2 
appears to function in both osteoblastogenesis and osteoclastogenesis, complicating its role as a 
therapeutic osteogenic growth factor (E. Abe, et al., 2000; Samee et al., 2008). A previous study 
using recombinant BMP-2 in a canine flexor tendon-to-bone repair model also showed increased 
resorption and decreased mechanical properties with the use of the growth factor (Stavros 
Thomopoulos et al., 2012). As osteoclasts are prominent at the healing tendon-to-bone interface 
and BMP-2-stimulated osteoclastogenesis via osteoblast activation, the use of BMP-2 for 
enhanced tendon-to-bone repair is not advised. 
There were a number of limitations to the study. First, an empty viral vector control group was 
not included in the study design. BMP-2 was delivered using a viral vector, which could 
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potentially cause an immune reaction. However, the cells were transduced in vitro, prior to 
implantation, and did not carry adenovirus after transfer. These cells did carry truncated 
adenovirus genome DNA at implantation, but the genome DNA is not equivalent to virus since 
the recombinant virus DNA will not amplify anymore. Therefore, it was not expected that the 
viral delivery method would have any negative effects on healing.  
Although the mineral gradient of the scaffold mimicked the trend found in the natural insertion, 
the scale of its length is different. Tendon transitions to bone over hundreds of microns, but the 
mineral gradient only spans ~20 micrometers (Schwartz, et al., 2012). In the current study, the 
length of the mineral gradient was an order-of-magnitude longer than the natural mineral 
gradient. This increased length of the mineral gradient may therefore have been ineffective for 
enhancing tendon-to-bone repair strength. 
In summary, the current study revealed a number of critical considerations for enhancing tendon-
to-bone healing using regenerative medicine approaches: (1) regenerative strategies can be 
overwhelmed by the natural scar-mediated response, (2) BMP-2 is not an effective growth factor 
for improving tendon-to-bone healing, and (3) scaffolding material may negatively affect 
healing. 
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Chapter 6: Conclusions and Future 
Directions 
 
6.1  Summary of the Dissertation 
The previous chapters described an effort to develop nanofiber scaffolds for regenerating the 
injured tendon-to-bone attachment. The scaffolds were composed of two components that 
mimicked the structure of the natural attachment: aligned nanofibers and a gradient in mineral 
content. The nanofibers were composed of poly lactic-co-glycolic acid, and the mineral was 
produced using a biomimetic mineralization process. The resulting scaffold had aligned 
nanofibers similar in size and microstructure to the collagen fibers found in tendon and bone, 
along with nanoscale hydroxyapatite crystals similar to those found in bone.  The scaffolds were 
based on a design first described by Li et al. (X. Li, et al., 2009), and included modifications to 
the microstructure of the fibers and the morphology of the mineral. Prior in vitro experiments 
demonstrated that this scaffold was cell-friendly and that the addition of mineral led to increased 
longitudinal stiffness (X. Li, et al., 2009). Extending from this work, a new mineralization 
method was developed to generate a coating which attached more securely to the fibers, and it 
was found to further increase the stiffness of the scaffolds (Wenying Liu, et al., 2011). When 
mechanical tests were performed on individual nanofibers, however, mineral had no effect on the 
modulus of the nanofibers (Kolluru, et al., 2013).  
The apparent contradiction between fiber- and scaffold-level mechanical behavior led to a 
question: what is the mechanism by which mineral stiffens nanofiber scaffolds? Answering this 
question would allow for more informed design and synthesis of nanofiber scaffolds with 
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mechanical properties appropriate for musculoskeletal applications. In order to answer this 
question, a series of mechanical testing experiments were performed on mineralized and 
unmineralized nanofiber scaffolds. Mechanical testing off-axis from the longitudinal direction 
demonstrated that mineral had a more potent effect on the strength and modulus in the transverse 
direction than in the longitudinal direction. Peel test experiments demonstrated that 
mineralization greatly increased the adhesion between fibers. Together, these results 
demonstrated that scaffold-level stiffening of nanofiber scaffolds by mineral was due to fiber-
fiber mineral bridges rather than individual fiber stiffening.  
To make the scaffolds useful for tendon-to-bone attachment, the mineral was applied in a 
spatially graded fashion. This mineral gradient led to a gradient in scaffold modulus, mimicking 
a mechanical characteristic of the native tissue. In an effort to test these scaffolds in a clinically 
relevant animal model, they were combined with cells and growth factors and applied to the 
repaired rat rotator cuff. The scaffold, however, did not enhance healing in this setting, and 
negative effects were seen in some groups. In summary, this dissertation presented a multi-scale 
examination of the mechanics of nanofiber mineralized PLGA scaffolds and tested their efficacy 
in an animal model of rotator cuff healing. Further study is needed to successfully apply the 
laboratory results to the animal and clinical settings. 
6.2  Limitations and Future Directions 
6.2.1  Synthesis and Mechanical Testing Variability 
Chapters 2-4 relied on mechanical testing to fulfill the study aims. Multiple sources of error were 
present for these tests: (i) synthesis variability, (ii) storage issues, (iii) test strip selection and 
preparation, (iv) test strip geometry measurements, and (v) potential for damage during handling 
of scaffolds (which were relatively delicate). 
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i. Electrospinning synthesis is affected multiple factors, including humidity, 
polymer concentration, air flow, and temperature (De Vrieze et al., 2009; 
Subbiah, Bhat, Tock, Parameswaran, & Ramkumar, 2005). While factors such as 
these were controlled as much as possible, humidity, in particular, was difficult to 
control, and is quite variable in the Saint Louis area.  
ii. Storage is known to have two different effects: water is absorbed by hygroscopic 
scaffolds, leading to hydrolytic degradation (Chye Joachim Loo, Ooi, Hong Elyna 
Wee, & Chiang Freddy Boey, 2005). However, samples were stored in a cold 
room with desiccant at all times to prevent water damage, and samples were 
tested at roughly even times after synthesis for each experiment. Therefore, 
effects of storage are expected to be minimal. 
iii. When test strips were cut from larger samples, care was taken to ensure they were 
undamaged in the process. This was achieved by using sharp scalpel blades, 
templates, consistent technique, and maintaining consistent aspect ratios. 
However, regional differences did exist in the electrospun scaffolds and were a 
potential source of variability. 
iv. Test strips were cut to be rectangular, but not all had consistent widths along their 
length. If samples appeared trapezoidal, their results were discarded or they were 
not tested. Nearly all width measurements were taken using known calibration 
standards in the raw images of the video. However, the angle of the camera could 
potentially introduce a small amount of error if it was not directly orthogonal to 
the sample. The thickness of the scaffolds was measured from one or more 
adjacent pieces of scaffold using a laser micrometer (Keyence LK-081), but this 
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process is not trivial. Care must be taken to avoid space between the reference 
surface and the sample, and to ensure that the beam is reflecting off of the sample 
and not any other surface. 
v. Some damage during loading and sample prep was possible during handling and 
mounting of samples. Care was taken to minimize this, especially for the delicate 
peel test samples, for which a special frame was designed to prevent damage. 
6.2.2  Single Fiber Testing Limitations 
Portions of Chapters 2-4 relied on single fiber results published in Kolluru et al., and have 
specific limitations based on those results (Kolluru, et al., 2013). First, the synthesis methods for 
single fiber mechanical tests were slightly different than those for scaffold-level mechanical 
tests. Single fibers were synthesized on gapped patterned collectors (metal sheets with a regular 
pattern of holes). As mechanical testing of single fibers is tedious and time consuming, only a 
small number of fibers was tested relative to the many fibers that make up a full scaffold. Due to 
scaffold heterogeneity, the individual fibers tested may not have fully represented the variations 
present in the scaffolds. However, the tests were highly repeatable, as is clear from the individual 
stress-strain curves presented.  
6.2.3  Biological Variability 
Chapter 5 presented an in vivo study using the PLGA-mineral scaffolds, fibrin, cells and BMP-2 
for enhancing tendon-to-bone healing. As is the case with many biological systems, there were 
many sources of variability. Specific sources of error for this experiment included: animal-to-
animal variation, surgical technique consistency, scaffold consistency, cell variability, virus 
transfection efficiency. These errors were minimized using various means, including sample 
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selection, highly skilled and experienced orthopaedic surgeons, verification of growth factor 
expression, and consistent treatment of cells prior to implantation. 
6.3  Future Directions 
Chapters 2 and 3 explored the mechanics of unmineralized and mineralized electrospun PLGA 
scaffolds. The results in those chapters demonstrated that these scaffolds had moduli comparable 
to tendon; however, moduli remained an order of magnitude lower than bone, even when fully 
mineralized (Lipner, et al., 2014; Reilly, et al., 1974). For a scaffold placed interpositionally 
between tendon and bone, a functional grading should be present to mimic the mechanics of the 
native tendon-to-bone attachment. Based on the stiffening effects caused by the modified 
mineralization protocol presented in Chapter 3, these moduli may be achievable if higher volume 
fractions of mineral can be added to the scaffolds. However, high levels of mineralization, while 
increasing modulus, also decrease toughness. One possible strategy to achieve both high moduli 
and high toughness is to use the ductility of the polymer to mediate the brittle behavior that is 
introduced by the mineral. If a nanofiber coating could be developed to increase the adhesion 
between nanofibers and mineral, this would be a step towards a scaffold that combines the 
ductility of the PLGA nanofibers with the stiffness of the mineral nanocrystals. 
6.4  Conclusions 
Overall, this work presents results that contribute to the body of knowledge of tissue engineering 
scaffolds, their mechanics, and their efficacy in vivo. Chapter 2 demonstrated that orientation 
distributions and crimping have profound effects on the mechanics of the scaffolds. Increased 
alignment, as expected, led to higher stiffness and strength, and crimp led to lower stiffness and a 
longer toe region. Chapter 3 investigated the effects of mineralizing these scaffolds (with two 
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different mineral morphologies) on whole-scaffold mechanics. It was found that mineralization 
led to increased stiffness and that a more conformal layer of mineral increased the stiffness more 
effectively than a coating with larger crystals, which were not well-bonded to the fibers. 
Motivated by the lack of single fiber stiffening by mineral, shown by Kolluru et al., Chapter 4 
investigated the mechanism of scaffold-level stiffening by mineral. Results showed that mineral 
stiffened scaffolds by creating mineral bridges connecting adjacent nanofibers. Interestingly, peel 
tests showed that mineral increased adhesion between adjacent layers of nanofibers, but only up 
to a particular volume fraction. Additional mineral beyond this optimum led to a decrease in 
adhesion fracture energy. Finally, Chapter 5 presented an in vivo study that explored the utility 
of these scaffolds for rotator cuff tissue engineering. The results suggest the possibility of some 
negative effects of the scaffold, and minimal effects of growth factor or cells, on tendon-to-bone 
healing. It was concluded that the in vivo effects of the scaffold on healing were too small to 
overcome the natural fibrovascular scar healing response. Together, these studies demonstrate 
that mineral can be used to stiffen electrospun polymer scaffolds with controllable orientation 
distributions and crimp and that these stiffening effects occur at a scale larger than the single 
fiber level. 
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Appendix 1: Estimation of mineral volume 
fraction from energy dispersive x-ray (EDX) 
measurements 
A1.1  Overview 
Mineral volume fractions were estimated from energy dispersive x-ray (EDX) measurements 
through the following four steps: 
1. Correction for undercounting of C atoms. A series of samples were analyzed using 
both EDX and mass spectroscopy to estimate the relative numbers of C and Ca atoms per 
unit volume. As expected, EDX undercounted the C atoms relative to the more accurate 
mass spectroscopy estimates. An approximately linear correction was found for the ratio 
of Ca atoms to the combined number of C and Ca atoms. We term the as-measured ratio 
“EDX” and the adjusted ratio “EDXadjusted.” 
2. Estimation of fiber-level mass fractions from adjusted EDX measurements. The 
relative numbers of C and Ca atoms per unit volume were converted to fiber-level mass 
fractions based upon the composition of the scaffold (Tables A1.1-A1.3). 
3. Estimation of fiber-level volume fractions from fiber-level mass fractions. Mass 
fractions were converted to fiber volume fractions using estimates of density from the 
literature.   
4. Estimation of scaffold-level volume fractions from fiber-level volume fractions. 
Scaffold-level volume fractions were scaled down from estimated fiber-level volume 
fractions based upon measurements of polymer volume fraction in the scaffolds. 
Element Molar mass 
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Calcium 40.08 g/mol 
Carbon 12.01 g/mol 
Hydrogen 1.008 g/mol 
Phosphorus 30.97 g/mol 
Oxygen 15.999 g/mol 
Table A1.1: Molar masses used in computations. Reprinted from Journal of the Mechanical Behavior of Biomedical 
Materials, 40(0), Lipner et al., The mechanics of PLGA nanofiber scaffolds with biomimetic gradients in mineral for 
tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
 
Formula, including substitutions 𝑪𝒂𝟏𝟎−𝒙(𝑷𝑶𝟒)𝟔−𝒙(𝑪𝑶𝟑)𝒙+𝒚(𝑶𝑯)𝟐−𝒙−𝟐𝒚 
Formula assuming bone-like carbonation of 
1.1wt%, and 85:15 ratio between A and B type 
substitutions, which leads to  x = 0.154 and y = 
0.027 (Pasteris, Yoder, Sternlieb, & Liu, 2012) 
𝑪𝒂𝟗.𝟖𝟓(𝑷𝑶𝟒)𝟓.𝟖𝟓(𝑪𝑶𝟑)𝟎.𝟏𝟖𝟐(𝑶𝑯)𝟏.𝟕𝟗 
Total Molecular Weight 991.128 g/mol 
Calcium Mass 394.61 g/mol 
Calcium Mass Fraction 0.398 
Carbon Mass 2.2 g/mol 
Carbon Mass Fraction 0.002 
Density 3.16 g/ml 
Table A1.2: Calculation of hydroxylapatite composition. Reprinted from Journal of the Mechanical Behavior of 
Biomedical Materials, 40, Lipner et al., The mechanics of PLGA nanofiber scaffolds with biomimetic gradients in 
mineral for tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
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Glycolic Acid formula    𝑪𝟑𝐇𝟔𝐎𝟑 
      Molecular Weight 90.08 g/mol 
Lactic Acid formula 𝑪𝟐𝑯𝟒𝑶𝟑  
      Molecular Weight 76.05 g/mol 
85:15 PLGA formula 𝑪𝟐.𝟖𝟓𝑯𝟓.𝟕𝑶𝟑  
      Molecular Weight 87.99 g/mol 
Density 1.27 g/ml 
Calcium Mass Fraction 0.0 
Carbon Mass Fraction 0.39 
Table A1.3: Calculation of poly(lactic-co-glycolic acid) (PLGA) (85:15) composition. Reprinted from Journal of the 
Mechanical Behavior of Biomedical Materials, 40(0), Lipner et al., The mechanics of PLGA nanofiber scaffolds 
with biomimetic gradients in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with permission from 
Elsevier. 
A1.2  Correction for undercounting of Carbon atoms. 
EDX yielded estimates of relative numbers of atoms per unit volume: 
𝐸𝐷𝑋 = (
𝑁𝐶𝑎
𝑁𝐶𝑎+𝑁𝐶
)                                                                                    (1) 
where NCa and NC are estimates of the number Ca and C atoms per unit volume, respectively. 
However, this estimate was high compared to those obtained using inductively coupled plasma 
mass spectroscopy (ICPMS) (Figure A1.1). ICPMS is considered to be more accurate that EDX 
due to an inherent weakness of EDX in detecting C. EDX estimates were therefore adjusted to 
fitting ICPMS data. Since the two measurements must agree at their limits (i.e., at ratios of zero 
and one) and the data lie below a linear slope of 1, we expect that the relationship between EDX 
and ICPMS estimates to be concave up (Figure A1.1). We assumed a linear error in the ratio 
𝑋 = 𝑁𝐶 𝑁𝐶𝑎⁄ , and fitted the data to find a correction factor 𝛼, where 𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 = 𝛼𝑋.  
Rearranging, the adjusted EDX measurement was: 
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𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 =  
𝐸𝐷𝑋
𝐸𝐷𝑋 + 𝛼(1 − 𝐸𝐷𝑋)
                                                                    (2) 
Note that this predicts a concave up relationship of 𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 versus 𝐸𝐷𝑋, while the data 
plotted in Figure A1.1 appear to show a concave down trend. However, the error bars on the data 
(not shown) are sufficiently large to admit either interpretation. Additionally, the linear fit 
𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 = 0.476𝐸𝐷𝑋 is reasonable over the range shown (R
2
 = 0.82). Fitting the model of 
equation (2) to these same data yields an estimate of 𝛼 =2.7. 
 
Figure A1.1: A fit to the relationship between EDX and ICPMS measurements made on identical specimens was 
used to correct raw EDX estimates of atomic fraction. Reprinted from Journal of the Mechanical Behavior of 
Biomedical Materials, 40(0), Lipner et al., The mechanics of PLGA nanofiber scaffolds with biomimetic gradients 
in mineral for tendon-to-bone repair. 59-68, Copyright 2014, with permission from Elsevier. 
A1.3 Estimation of mass fractions from adjusted EDX 
measurements.  
The atomic fraction was converted to a mass fraction using the atomic masses of Ca and C: 
𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 =
𝑁𝐶𝑎
𝑁𝐶𝑎+𝑁𝐶
𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑
=
𝛲𝐶𝑎
𝛲𝐶𝑎 + (
40.08
12.01) 𝛲𝐶
𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑
                         (3) 
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where 𝛲𝐶𝑎 and 𝛲𝐶
𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑
 are scaffold-level mass densities of Ca and C, respectively, and 
(40.08/12.01) is the ratio of molar masses of Ca and C.  These in turn were converted to scaffold-
level mass densities 𝛲𝐻𝐴 of hydroxylapatite and 𝛲𝑃𝐿𝐺𝐴 of PLGA. Since Ca comprises 39.8% of 
the mass of hydroxylapatite, 𝛲𝐻𝐴 = 𝛲𝐶𝑎/0.398 = 2.51𝛲𝐶𝑎 was used. Since C comprises 0.2% of 
hydroxylapatite and 39.0% of PLGA, the PLGA volume fraction was estimated from 
𝛲𝐶
𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 = 0.002𝑃𝐻𝐴 + 0.390𝛲𝑃𝐿𝐺𝐴, or 𝛲𝑃𝐿𝐺𝐴 = 2.56𝛲𝐶
𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 − 0.0129𝛲𝐶𝑎.  Thus, 
𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑 =  
0.398𝛲𝐻𝐴
0.398𝛲𝐻𝐴 + (
40.08
12.01) (0.002𝛲𝐻𝐴 + 0.390𝛲𝑃𝐿𝐺𝐴)
=
1
1.02 + 3.27𝛲𝑃𝐿𝐺𝐴/𝛲𝐻𝐴
  (4) 
or: 
 𝛲𝐻𝐴
𝛲𝑃𝐿𝐺𝐴
=
3.27
(
1
𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑
− 1.02)
                                                        (5)  
 
A1.4  Estimation of fiber-level volume fractions from fiber-
level mass fractions  
The ratio of scaffold-level volume fractions of hydroxylapatite and PLGA, 𝜑𝐻𝐴 and 𝜑𝑃𝐿𝐺𝐴, were 
then estimated using the mass densities of hydroxylapatite and PLGA, which were taken as 
ρHA=3.16 g/cm
3
 and ρPLGA=1.27 g/cm
3
, respectively: 
𝜑𝐻𝐴
𝜑𝑃𝐿𝐺𝐴
=
 𝛲𝐻𝐴
𝛲𝑃𝐿𝐺𝐴
𝜌𝑃𝐿𝐺𝐴
𝜌𝐻𝐴
                                                           (6)  
 
 131 
 
A1.5  Estimation of scaffold-level volume fractions from 
fiber-level volume fractions 
Combining,  
𝜑𝐻𝐴 =
3.27
(
1
𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑
− 1.02)
𝜌𝑃𝐿𝐺𝐴
𝜌𝐻𝐴
  𝜑𝑃𝐿𝐺𝐴 =
1.31
(
1
𝐸𝐷𝑋𝑎𝑑𝑗𝑢𝑠𝑡𝑒𝑑
− 1.02)
 𝜑𝑃𝐿𝐺𝐴               (7)  
Finally, from Equation (2), and noting that 𝛼 > 1 and that neither 𝜑𝑃𝐿𝐺𝐴 nor 𝛼 are known to 
within more than two significant figures, 
𝜑𝐻𝐴 ≈
1.3𝐸𝐷𝑋
𝛼(1 − 𝐸𝐷𝑋)
 𝜑𝑃𝐿𝐺𝐴                                                         (8)  
Equation (8) was used in all subsequent analyses to convert the relative atomic fraction 
measurement from EDX to a scaffold-level volume fraction of hydroxylapatite. Noting that in 
our scaffolds 𝜑𝑃𝐿𝐺𝐴 ≈ 0.13 and substituting for 𝛼, 𝜑𝐻𝐴 ≈
0.063𝐸𝐷𝑋
1−𝐸𝐷𝑋
. 
